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 i 
ABSTRACT 
 
Contemporary radiotherapy focuses on achieving the best patient outcomes by 
delivering highly targeted treatments. These treatments are often complex and include small 
radiation fields, high dose gradients and stereotactic irradiations. Accurate dosimetry of these 
treatments is lagging behind the rapid advances in their delivery. Plastic scintillators have the 
potential to outperform traditional dosimeters in these treatments because they are close to 
water-equivalent in nature. The aim of this thesis is progress the translation of plastic 
scintillation dosimeters into the clinic by addressing three roadblocks. 
The generation of Cerenkov radiation in an optic fibre that is irradiated by megavoltage 
radiation contaminates the scintillation signal and subsequently, the dose measurement. Two 
Cerenkov removal methods (spectral discrimination and air core waveguides) were found to 
be accurate in accounting for Cerenkov radiation each providing unique advantages 
depending on the clinical situation. Improvements to both Cerenkov removal methods were 
developed to increase the clinical robustness of dosimetry systems based on these methods. 
The light readout system is often the limiting factor for the speed and dosimetric 
accuracy of scintillation dosimeters. Photomultiplier tubes (PMTs) were found to outperform 
camera-based systems in speed and sensitivity, though their implementation for array 
dosimetry is more complex. A novel light readout system based on a multianode PMT and 
multichannel readout was constructed and tested. This system enabled multiple light signals 
from an array of scintillation dosimeters to be simultaneously measured with the speed and 
accuracy of PMTs. 
Arrays of scintillation dosimeters are difficult to create due to the complex arrangement 
of the detector elements and their optical pathways. Two innovative approaches to 
manufacturing arrays (square waveguides and 3D printing) were used to build prototype 
scintillation dosimeter arrays. Characterisation of these arrays showed that plastic scintillation 
dosimeters can be used to measure dose distributions with high spatial and temporal 
resolution and with a higher gamma index than commercially available dosimeter arrays.  
Addressing these roadblocks has enabled the clinical application of plastic scintillation 
dosimeters. Several clinical challenges have been addressed using the prototype dosimetry 
systems designed, constructed and tested in this thesis. In small field dosimetry, an air core 
scintillation dosimeter using BC-400 plastic scintillator was found to be a suitable reference 
 ii 
dosimeter from which small field correction factors for existing commercial dosimeters could 
be calculated or predicted. For brachytherapy, an array of scintillation dosimeters provided 
real-time dose measurements that improved the safety of the treatment. For rotational 
megavoltage treatments, a cylindrical array was used to verify the dose delivered during 
simulated stereotactic treatments with high spatial and temporal resolution. These 
applications are examples of cases where traditional dosimeters cannot be used and 
demonstrate the potential of scintillation dosimetry in these niche areas. 
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Chapter 1 – Introduction   
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CHAPTER 1 
Introduction 
 
Cancer is one of the leading causes of morbidity and mortality worldwide. It is the 
second leading cause of death by non-communicable diseases (after cardiovascular diseases) 
and was responsible for 27% of deaths of those under the age of 70 in 2008 (WHO 2010). 
Even if global incidence rates remain unchanged, this figure is expected to rise from 14 
million in 2012 to 22 million by 2030 as the world’s population grows both in number and 
age (WHO 2014). 
The aim of cancer treatment is to achieve one or more the following: cure the disease, 
to prolong the patient’s life or to improve the patient's quality of life. These aims are achieved 
by eliminating cancer cells and preventing them from spreading or returning most commonly 
through one or a combination of the following:  surgery, radiotherapy or chemotherapy. This 
work focuses primarily on radiotherapy, which attempts to achieve tumour control by 
delivering a cytotoxic dose of ionizing radiation to the target volume, while minimising 
radiation dose to surrounding healthy tissue. A maximum number of clonogenic tumour cells 
are eradicated, while the chance of injury to normal tissue is minimized. Overall, it has been 
shown that over 50% of cancer patients would benefit from receiving radiotherapy as part of 
their treatment (Delaney et al 2005). 
Developments in volumetric imaging, treatment planning (Bortfeld et al 1990) and 
treatment delivery (Convery and Rosenbloom 1992) over the last three decades have enabled 
radiotherapy patients to have the opportunity to be treated with intensity-modulated 
radiotherapy (IMRT). IMRT delivers a dose distribution that is more closely conformed to the 
shape of the tumour compared to conventional radiotherapy with uniform beams. The 
intensity of the beam is modulated to the shape of the tumour as guided by CT images and is 
delivered to the tumour from multiple beam directions. Clinical evidence has shown that the 
major benefit of IMRT is the improvement in the sparing of normal tissue, reducing normal 
tissue complications. For example, head and neck patients treated with IMRT show improved 
recovery of stimulated salivary flow compared to those receiving uniform treatment fields 
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(D'Hondt et al 1998) and prostate patients display reduced rectal complication rates 
(Dearnaley et al 1999).  
A further refinement of IMRT is volumetric modulated arc therapy (VMAT), which 
further improves tumor conformality of radiotherapy treatments. VMAT treatments are 
delivered by rotating the treatment beam in an arc around the patient, while gantry rotation 
speed, beam shape and dose rate are modulated in real-time (Teoh et al 2011). IMRT and 
VMAT are composite deliveries of many small beams. Stereotactic radiosurgery (SRS) 
involves delivering several highly localized small beams from multiple directions that 
intersect at a spatially predefined target (van Dyk 1999) and has been used to treat brain 
metastases and other intracranial lesions.  
While the development of these radiotherapy treatments has improved normal tissue 
sparing and tumour control rates, the radiation fields that are delivered have become 
progressively smaller in size, more complex in shape, dynamically changing and feature 
steeper dose gradients with tighter margins of error. These treatments need to be delivered 
with high precision both in terms of spatial positioning and absolute dose. In this regard, the 
measurement of both the dose and its spatial distribution is critical to the effectiveness of 
radiotherapy. 
The accurate measurement of dose in small radiation fields brings with it many new 
challenges. Radiation fields that are smaller than the lateral range of their charged particles 
create non-equilibrium conditions. In a commonly used 6 MV photon beam, these conditions 
manifest in radiation fields with a full width at half maximum (FWHM) of less than 30 mm 
(Das et al 2008). At these field sizes, the current gold standard dosimeter in radiotherapy, the 
ionization chamber, is unsuitable (Alfonso et al 2008). A detector placed in a dose gradient 
will introduce dose averaging errors that depend on the size of the active volume. 
Consequently for small beams, it is difficult to determine with confidence the beam output 
factors, percentage depth dose curves and dose profiles required as input data for treatment 
planning systems. For example, in an inter-institutional comparison Das et al (2000) reported 
differences of up to 12% in small field beam output factors. Errors or large uncertainties in 
measured beam parameters can lead to an incorrect prediction of patient dose and potentially 
cause treatment complications (Taylor et al 2011). 
Stereotactic treatments, which often use very small fields with a FWHM of less than 10 
mm, require special dosimetric attention. The high dose per fraction utilised by SRS 
significantly increases the risk of under-treatment of a tumour or the over-dose of surrounding 
tissue compared to conventional radiotherapy where the dose per fraction is lower (Solberg et 
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al 2012). Recent events in which serious errors have occurred in the delivery of SRS 
treatments as a result of inappropriate dosimetry have been publicized both within the 
radiotherapy community and in the mainstream media. In one case, 76 patients in Missouri, 
USA from 2005 to 2010, were given an average of 50% above the prescribed dose in SRS 
treatments. The over-dosage was directly attributable to the inappropriate use of an ionization 
chamber in the commissioning process (Bogdanich and Rebelo 2010). Similar errors in 
calibration have also caused treatment errors affecting 77 patients in Florida, USA from 2004 
to 2005 (Bogdanich 2010) and 145 patients in Toulouse, France from 2006 to 2007 
(Derreumaux et al 2008). 
The widespread use of advanced treatment modalities and the reporting of radiation 
accidents such as those described above have motivated the development of new dosimeters 
customized for small fields. The most widely used dosimeters for small fields are mini-
ionization chambers (Martens et al 2000) and solid state detectors using either silicon 
(Dieterich and Sherouse 2011) or diamond (Marsolat et al 2013). Compared to traditional 
ionization chambers, these dosimeters have smaller dimensions and largely avoid volume 
averaging effects. The measurement of dose with these detectors, however, is still affected by 
the non-water equivalent materials used in their construction and require the application of 
correction factors (Alfonso et al 2008), increasing their measurement uncertainty. 
Furthermore, these dosimeters are beam energy, dose rate and beam angle dependent and are 
unsuitable for use with rotational treatments (Letourneau et al 2004). 
Plastic scintillation dosimetry offers a potential solution for the measurement of dose in 
small, complex and dynamically changing fields. Plastic scintillators emit a fluorescent light 
signal (the scintillation signal) when exposed to ionising radiation. The fluorescent light is 
usually collected by an optic fibre and transported to a photodetector, where its intensity is 
measured. The basis of scintillation dosimetry is that the quantity of the fluorescent light 
emitted can be related to the dose deposited to the volume of the plastic scintillator (Beddar et 
al 1992). 
Plastic scintillators can be made small in any dimension and in volume, reducing the 
need to correct for volume averaging effects. The response of plastic scintillators is prompt 
(Clift et al 2002) and therefore suitable for use in dynamically changing fields and real-time 
dose monitoring. The response of scintillator dosimeters utilising the plastic scintillator BC-
400 (Saint-Gobain, Courbevoie, France) has been reported to be independent of beam energy 
in the megavoltage range, beam angle and dose rate as the density and chemical properties of 
the scintillator material are close to that of water (Archambault et al 2006, Lambert et al 
2010). 
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Despite the above favourable properties, there has been limited commercialization of 
dosimeters based on plastic scintillation. There remain three major roadblocks to the 
widespread translation of plastic scintillation dosimetry into the radiotherapy clinic: (1) the 
presence of an unwanted Cerenkov light signal; (2) the sensitivity and speed of the light 
readout system and (3) the implementation of plastic scintillators in dosimeter arrays. Each of 
these roadblocks is described below. 
(1) When a scintillation dosimeter is used in a megavoltage radiation beam, a Cerenkov 
light signal is generated in the optic fibre used to transport the scintillation light signal 
to the light readout system. The Cerenkov light signal contaminates the scintillation 
light signal and prevents an accurate measurement of dose. Several techniques have 
been proposed to account for the presence of Cerenkov light in controlled irradiation 
conditions (Beddar et al 1992, Clift et al 2002, Fontbonne et al 2002, Lambert et al 
2008). However, these techniques do not yet possess the required clinical robustness, 
ease of use or the desired short and long-term reproducibility. 
(2) The level of precision to which dose can be measured with a scintillator is largely 
dependent on the sensitivity of the light readout system. The sensitivity of the readout 
system also affects the temporal resolution and spatial resolution of the dosimeter, as 
longer acquisition times and larger scintillators are required to account for poor 
sensitivity. For array dosimetry, simultaneous readout of multiple light signals is 
required. Existing scintillation dosimetry systems do not possess all of the desired 
levels of precision, spatial resolution, temporal resolution and multiple signal capability 
(Archambault et al 2007, Cartwright et al 2010). 
(3) Plastic scintillators have the potential for high spatial resolution array dosimetry. 
The dosimetric water equivalence of plastic scintillators allows detector elements to be 
closely packed in an array configuration without causing significant perturbation of the 
beam (Naseri et al 2010). Prototype dosimeter arrays based on scintillators have been 
described in the literature (Lacroix et al 2008, Gagnon et al 2012), however, the 
clinical implementation of such arrays remain difficult due to the complexity of 
manufacturing the array itself and the lack of a suitable readout system. 
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Aim 
The aim of this thesis is to address these major roadblocks and facilitate the clinical 
translation of plastic scintillation dosimeters. Specifically, this study will: 
• Elicit a deeper understanding of the generation of Cerenkov radiation and its 
suppression using spectral discrimination and air core waveguides in order to 
develop a reliable approach suitable for a clinical environment. 
• Determine the accuracy, precision, speed and stability of available readout methods. 
• Extend the capability of plastic scintillators coupled to air core waveguides for use 
in an array. 
• Demonstrate the clinical capability of this dosimetry system in single and array 
formats by determining the small field diode correction factors for clinical use, 
validating simulated stereotactic treatments and measuring the in vivo dose during 
brachytherapy. 
Thesis Layout 
Chapter 2 describes fundamental physics of scintillation dosimetry such as the 
mechanics of scintillation and the measurement of dose with scintillation light will also be 
described. 
Chapters 3 and 4 address the first roadblock to clinical translation – the presence of 
Cerenkov light. Chapter 3 compares two different approaches to Cerenkov elimination 
(spectral discrimination and air core) and identifies the strengths, weaknesses and suitability 
of each approach for different irradiation situations. A new implementation of the spectral 
discrimination method was also tested and shown to be dosimetrically accurate. 
The air core dosimeter was shown in Chapter 3 to accurately eliminate Cerenkov 
radiation in the primary radiation field. However, a residual Cerenkov signal that is generated 
by scattered radiation still exists. Chapter 4 reports on two methods to remove the residual 
Cerenkov signal: a mechanical shutter and a twisted pair of optic fibres. Prototypes of both 
methods were designed, constructed and irradiated under a megavoltage beam to demonstrate 
their dosimetric accuracy. 
Chapters 5 and 6 describe the implementation of scintillation dosimetry in a clinical 
setting. In Chapter 5, the performance of an air core dosimeter was shown to be accurate in 
small radiation fields based on comparisons to radiochromic film and Monte Carlo 
simulations on three models of linear accelerators. The air core dosimeter was then used as a 
reference detector to generate correction factors for a range of diode detectors to account for 
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their over-response. This allows clinics without access to scintillation detectors to accurately 
measure small fields with existing commercial detectors. 
While the correction factors calculated in Chapter 5 are clinically useful, they are 
specific to the diode and linear accelerator combination in which they are calculated. Chapter 
6 uses the data measured in Chapter 5 to develop a predictive mathematical relation for the 
over-response of diodes in small fields. This mathematical relation can be used to estimate 
diode over-response based only on the model of diode and the size of the radiation field. 
Chapter 7 addresses the second roadblock to clinical translation – the light readout 
sensitivity. In Chapter 7, a light detection system capable of multi-channel readout based on 
multi-anode photomultiplier technology was developed and tested. A photomultiplier array 
detector was benchmarked against existing photodetectors and found to be superior in 
sensitivity and readout speed. The clinical translation of the photomultiplier array detector 
was demonstrated with real-time in vivo dose monitoring during a brachytherapy treatment. 
Chapters 8 and 9 address the third roadblock to clinical translation – the 
implementation of scintillation dosimeter arrays. In Chapter 8, an array of square air core 
waveguides was shown to be an efficient method of building a high spatial resolution 
scintillator array. The linear array, manufactured from Perspex and operated using the 
photomultiplier array detector, was used to accurately measure the beam profile and other 
beam characteristics of a stereotactic radiosurgery radiation beam. 
Chapter 9 explores the potential of 3D printing in radiotherapy and its limitations, 
particularly its application in creating radiotherapy dosimetry phantoms. A cylindrical 
phantom with a cross of air core dosimeters was designed and constructed using fused 
deposition and gelatin bolus filling.  The cylindrical phantom was characterized and used to 
verify the dose deposited by two simulated stereotactic treatments. 
The Appendix contains a list of abbreviations used throughout the Thesis, a list of 
Figures and Tables and a glossary describing the fundamental concepts of radiotherapy 
dosimetry and dosimetric terms used in the Thesis. 
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CHAPTER 2 
Dosimetry using plastic scintillators 
2.1 Why scintillation dosimeters? 
Ionization chambers are the current gold standard in radiotherapy dosimetry (Andreo et 
al 2000). However, ionization chambers are designed for use in large, spatially uniform 
radiation fields (Das et al 2008). For small fields with strong dose gradients such as those 
used in IMRT and SRS, a number of specialized prototype and commercial dosimeters have 
become available. The most commonly used small field dosimeters are mini-ionization 
chambers, solid-state detectors and radiochromic film (McKerracher and Thwaites 1999). A 
description of these dosimeters can be found in the Appendix. Additionally, solid-state 
detectors such as MOSFETs and natural or synthetic diamond detectors have been proposed 
as potential dosimeters for small fields (Gladstone et al 1994, Heydarian et al 1996, 
Rodriguez et al 2007, Marsolat et al 2013). 
Each of these dosimeters has its own advantages and disadvantages, though none is 
ideal in all respects of dosimetry. Table 2.1 shows a comparison of the performance of these 
dosimeters for a range of dosimetric parameters. Most dosimeters in Table 2.1 possess 
radiologically non-water equivalent materials in their construction. The departure in mass 
attenuation coefficient (µatt/ρ) from that of water will cause the dose deposited in the detector 
to deviate from the dose deposited to in water, depending on the energy spectrum of the beam. 
The density of a detector also influences its response in small fields (Scott et al 2012, 
Fenwick et al 2013). 
 The motivation to develop dosimeter based on plastic scintillators is based on its 
material properties, which are closer to those of water than many other materials. Table 2.1 
gives a brief summary of competing dosimeter types and shows that plastic scintillation 
dosimeters require fewer corrections. Plastic scintillators can be made small in size and 
promptly emit a light signal upon irradiation. These factors indicate that plastic scintillators 
are suitable for dosimetry in complex and dynamically changing radiation fields.  
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Table 2.1 Comparison of detector for a range of dosimetric characteristics. For 
each detector, ‘None’ indicates that corrections are not required to account for 
inaccuracies related to that parameter. ‘Low’ indicates that corrections of less than 
1% or none are required. ‘Medium’ indicates that small corrections of less than 5% 
are required. ‘High’ indicates that large corrections of greater than 5% are required. 
Dosimetric 
Characteristics 
Scintillation 
Dosimeter 
Ionization 
Chamber MOSFET 
Silicon 
Diode 
Detector 
Diamond 
Detector 
EBT 
Film 
Volume 
averaging 
(in small fields) 
Low High Low Low Medium None 
Atomic number 
(Zeff) 
Low High High High Medium Low 
Detector density 
(ρ) Low High High High High Low 
Beam energy 
(MV range) Low
 a Medium d Low h Medium k Low o Low q 
Dose rate None a Low e Low h Medium l Low m Medium q 
Beam angle None b High 
f 
(azimuthal) High 
i High 
m 
(azimuthal) Low 
m None 
Temperature/ 
Pressure 
(in vitro) 
None b Medium d None i,b Low m Low b None 
Temperature 
(in vivo) Medium 
b,c Medium g Medium i High m Medium b None 
Radiation 
damage Low 
a None High j Low n Low p None 
Real-time Yes Yes Yes Yes Yes No 
 
a Beddar et al (1992b) 
b Lambert et al (2006) 
c Buranurak et al (2013) 
d Khan (2010) 
e Di Martino et al (2005) 
f Wolfsberger et al (2010) 
g Bouchard and Seuntjens (2004) 
h Halvorsen (2005) 
i Gladstone et al (1994) 
j Danchenko et al (2003) 
k Saini and Zhu (2007) 
l Wilkins et al (1997) 
m Westermark et al (2000) 
n Van Dam et al (1990) 
o Rodriguez et al (2007) 
p Planskoy (1980) 
q Arjomandy et al (2010)  
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2.2 Physics of scintillation dosimeters 
2.2.1 Scintillator materials 
The generation of scintillation light for dosimetry can be performed with either organic 
or inorganic scintillators. Inorganic scintillators, such as alkali halide crystals, have higher 
light output efficiency relative to organic scintillators. However, organic scintillators are more 
commonly used in radiotherapy dosimeters because their density and mass attenuation 
coefficient are closer to those of water, the reference dosimetric material. 
Organic scintillators use organic molecules that undergo electronic transitions upon the 
absorption of ionizing radiation. Anthracene is the most widely used organic scintillator 
crystal as it has the highest scintillation efficiency amongst organic scintillators (Taylor et al 
1951). While anthracene is an efficient organic scintillator, the total energy output of 
scintillation light is only 5.0% ± 0.5% of the total energy deposited (Clark 1974). 
Pure anthracene crystals and other organic scintillator crystals are unsuitable as a 
detector material because the crystals are fragile and the scintillation efficiency changes up to 
30% depending on the direction of the incident particle relative to the crystal axis (Knoll 
2010). This would result in a detector with strong angular dependence. Organic scintillator 
crystals are more practical to use when they are dissolved in a solvent to create either a liquid 
or plastic scintillator. Plastic scintillators are made by dissolving crystals into a solvent that is 
then polymerized into a solid plastic. This negates the angular dependence of the pure crystals 
and allows the scintillator to be manufactured in any required shape, for example rods, fibres 
or sheets. Commercially available plastic scintillators are often dissolved in polyvinyl-toluene 
(PVT), which is a near water-equivalent material. The light yield of a plastic scintillator is up 
to 70% of the light yield of pure anthracene crystals resulting in an absolute scintillation 
efficiency of approximately 3.5% (Saint Gobain Crystals). The emission spectrum from BC-
400, a general purpose plastic scintillator commercially available from Saint-Gobain Crystals 
(Courbevoie, France), mainly in the blue/violet region and is shown in Figure 3.3. Plastic 
scintillators can also be doped with heavy metals and other emitters to change the output 
wavelength or change the scintillator response to radiation of selected energies. 
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2.2.2 Organic scintillator mechanisms 
Organic scintillator molecules possess a π-electron structure that is responsible for their 
scintillation property (Birks 1967, Knoll 2010). π-electron structures contain a number of 
singlet (S) states and triplet (T) states, as shown in Figure 2.1. Electronic transitions between 
these states cause the conversion of kinetic energy from charged particles into light in two 
processes. These are: fluorescence, the main process of scintillation, and phosphorescence, a 
smaller delayed process. 
 
Figure 2.1 Energy structure of an organic scintillator crystal and the processes for 
absorption, fluorescence and phosphorescence. Adapted from Birks (1967). 
Fluorescence occurs as a result of de-excitation of excited electrons into the singlet 
states. The spacing between the states S0, S1, S2, … is typically in the order of 3 eV. These 
states also contain finer sublevels S01, S02, ... spaced 0.15 eV apart. As these states are greater 
than the average thermal energy of 0.025 eV, almost all molecules are in the ground S00 state 
at room temperature. Energy from ionizing radiation is absorbed in the form of kinetic energy 
and excites electrons to higher states. Through a combination of radiationless internal 
conversion (for S20, S30, ... states) and loss of vibrational energy (for S11, S12, … states), all 
high electronic states are de-excited to the S10 state. Fluorescent light is produced as a result 
of transitions from the S10 state to the ground electronic state, a process that occurs a few 
nanoseconds after absorption. 
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The smaller phosphorescence signal is produced from the de-excitation of electrons in 
triplet states. Electrons in the singlet states can be converted into a triplet state through 
intersystem crossing. The de-excitation from T1 to the S0 ground state will emit light as 
phosphorescence, which can be discriminated from fluorescence by its longer wavelength and 
delayed timing of milliseconds rather than nanoseconds. 
2.2.3 Light output linearity and quenching  
The most important property of organic scintillators is the linearity of their light output 
with the amount of energy deposited. In order for a scintillator to be suitable for radiation 
dosimetry, the fraction of deposited energy that is converted into fluorescent energy would 
ideally be independent of the energy of that particle. In commonly used dosimetric 
applications, such as megavoltage X-ray and brachytherapy dosimetry, the response of a 
scintillator is linear with dose (Beddar et al 1992a). 
There are a number of physical effects, grouped under the term quenching, that can 
reduce the amount of scintillation light produced relative to the energy deposited and disrupt 
the linearity of light output from a scintillator. Quenching affects the response of scintillators 
to particles with high linear energy transfer (LET), for example protons or α-particles, as well 
as low energy electrons below 125 keV (Taylor et al 1951, Smith et al 1968). In a 
radiotherapy dosimetry context, this means that the measurement of diagnostic radiation, 
orthovoltage treatments, low dose rate (LDR) brachytherapy and heavy particle beams would 
require either a mathematical correction to the reading or a change to the chemical 
composition of the scintillator to account for quenching (Kirov et al 1999). 
Quenching can be observed in scintillators as a combination of many processes. 
Optical quenching occurs when the generated photons are re-absorbed by the scintillator 
medium. Particle quenching occurs when incident particles interact with the scintillator 
medium (Santiago et al 2012). The most influential quenching effect is ionization quenching 
where the linear density of excited states is high and neighbouring sites can re-combine non-
radiatively. Ionization quenching has been extensively modelled mathematically (Birks 1967) 
and can be described by the formula known as Birks’ Law:  
dL
dx =
S(dE dx)
1+ kB(dE dx)  ,
 (2.1) 
where dx is the incremental path length of a charged particle, dE/dx is collisional stopping 
power of the medium for a charged particle with initial energy E and L is the light output. kB 
is an empirically calculated parameter describing quenching and S is the absolute scintillation 
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efficiency of the scintillator. Note that in the absence of quenching (kB = 0), the light output 
of the scintillator is linear. It has been shown that with a kB value between 0.007 and 0.019 
cm MeV-1, Birks’ Law accurately predicts quenching for high LET particles (Craun and 
Smith 1970). However, Williamson et al (1999) showed that in low energy beams, Birks’ 
Law does not accurately model quenching effects, the mechanisms of which are not well 
understood. 
2.2.4 Radiation hardness of plastic scintillators 
Various studies have shown that when large quantities of radiation are absorbed, the 
light yield in plastic scintillators may decrease. The reduction in light yield is the result of 
damage to the organic scintillator molecules. Most of the damage is to the polymer matrix 
that creates centres of optical absorption (Bross and Pla-Dalmau 1992). These optical 
absorption centres will absorb light in the blue/violet spectral region, which can be seen as a 
yellow discolouration of the material. As most scintillators emit light in the blue/violet 
spectral region, radiation damage will cause the light emitted from the scintillator to be 
partially re-absorbed by the polymer, leading to a lower light output (optical quenching). 
There is no consensus in the literature on the dose of radiation that causes radiation 
damage in plastic scintillators. The reduction in light yield is dependent on the composition of 
the plastic scintillator, the radiation type, the dose rate and the irradiation environment. 
Beddar et al (1992b) reported a decrease of 2.5% after irradiation to 10 kGy at a dose rate of 
7.3 Gy min-1. Vasil'Chenko et al (1996) reported a decrease of 50% after 34 kGy at a dose 
rate of 3.4 Gy min-1. Both measurements were performed with similar plastic scintillators 
irradiated with a caesium source at room temperature and pressure. The damage to plastic 
scintillators is not entirely permanent. In the hours and days following irradiation, an 
annealing process driven by oxygen can bleach the discolouration of the plastic scintillator 
(Bross and Pla-Dalmau 1992). 
Radiation damage in plastic scintillators is an important phenomenon but is not likely 
have a significant effect on its application as a radiotherapy dosimeter. Significant 
degradation of the light yield will generally occur with between 103 to 104 Gy of radiation, 
which in clinical use, would only be delivered over a period of months to years. Plastic 
scintillators would most likely be used to make relative dose measurements that are not 
affected by long-term radiation damage. The effects of radiation damage can also be reduced 
by selecting scintillators with emission spectra in the green or red wavelength regions which 
are less affected by optical quenching. Furthermore, new chemical formulations of plastic 
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scintillator have been designed with increased radiation hardness that further reduces the 
effects of radiation damage (Senchishin et al 1995). 
2.2.5 Scintillation dosimeter concepts 
A scintillation dosimeter for radiotherapy consists of three parts: the scintillator, the 
extension optic fibre and the photodetector (Figure 2.2). The sensitive volume of the 
dosimeter is a small volume of plastic scintillator. When ionizing radiation deposits energy to 
the plastic scintillator, the resultant scintillation light is captured by the extension optic fibre 
and transported to the photodetector. The scintillator is generally made to be cylindrical in 
shape with a diameter of 0.5 or 1 mm, so that it can be directly butt-coupled to an extension 
optic fibre of the same diameter. The length of the scintillator is usually between 1 to 5 mm 
(Lambert et al 2006). The photodetector used to measure the scintillation light needs to be 
sensitive to low light signals and to be reproducible and stable in its sensitivity. For this 
reason CCD cameras (Lacroix et al 2010), photodiodes (Letourneau et al 1999) and 
photomultiplier tubes (Lambert et al 2009) are typically used. 
In the absence of quenching effects, the scintillation light will be linearly proportional 
to the dose deposited to the volume of the plastic scintillator. Smith et al (1968) found that 
most organic scintillators were linear in their light output for radiation above 125 keV. In the 
dosimetry of most therapeutic beams therefore, the signal measured by the photodetector can 
be directly correlated to the dose deposited by a calibration factor. 
 
Figure 2.2 A schematic diagram of the fundamental components of a scintillation 
dosimeter: the scintillator, optic fibre and photodetector. 
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2.2.6 Efficiency of light generation, transportation and collection 
The majority of energy deposited in a scintillator is not transformed into scintillation 
light, but lost as heat. Therefore, to achieve a high signal-to-noise ratio (SNR) and reduce the 
overall measurement uncertainty in dose, the efficient generation, transportation and 
collection of the scintillation light is crucial and each component between the scintillator and 
the photodetector must be optimised. 
To maximise the amount of scintillation light generated, the size of the plastic 
scintillator should be customized for its specific application. The amount of scintillation light 
coupled into an optic fibre increases with the scintillator length (Elsey et al 2007), so the size 
of the scintillator must also be made large enough to achieve low measurement uncertainty. 
However, a long scintillator will decrease the spatial resolution in radiotherapy dosimetry, 
leading to a trade-off between spatial resolution and SNR. 
One method to improve the collection of scintillation light is to place a reflector at the 
distal end of the scintillator. Scintillation light is generated and emitted in all directions and 
only a fraction of the light will travel directly to the proximal face of the scintillator and into 
the extension optic fibre. The remainder of the light is lost at the surfaces of the scintillator 
unless it is reflected back to the optic fibre. At the walls of the scintillator, light will be 
partially reflected through total internal reflections, though depending on the angle of the light 
relative to the critical angle (determined by the refractive index), light can also be lost through 
partial transmissions. A reflector, such as a polished metal surface, can capture the light lost 
through transmissions and direct it back towards the photodetector. 
The core of the extension optic fibre is usually made from poly-methyl methacrylate 
(PMMA). PMMA is suitable because of its low attenuation coefficient (between 0.9 and 1.7 
dB m-1) in the 400 to 500 nm wavelength region where a scintillator, such as BC-400, emits 
light (Weinert 1999). The attenuation of scintillation light in the optic fibre can be reduced by 
minimizing the length of the optic fibre and also by reducing the number of connections in the 
optical pathway. Each dosimeter will have a minimum of two optical interfaces: one between 
the scintillation and the extension optic fibre and one between the extension optic fibre and 
the photodetector. However, in most cases, additional connectors will be added in the optical 
pathway for ease of removing and changing dosimeters during use. The dosimeter design 
must be carefully optimised to balance the ease of use of the dosimeter with the number of 
connections. Each connection in the optical pathway will contribute an additional optical loss 
due to reflections at the interface, misalignment of the fibres or a lack of parallelism or 
flatness of the fibre ends (Khare 2004). 
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2.2.7 Scintillation dosimeter properties 
 The advantage of plastic scintillation dosimeters over other solid-state detectors is the 
radiologically water equivalent nature of the organic scintillator material. Water and plastic 
scintillator have similar mass densities (ρPVT = 1.03 g cm-3) and electron densities (3.27 ×1023 
e- g-1 for PVT and 3.42 × 1023 e- g-1 for water). The mass attenuation coefficient of the PVT is 
also similar to that of water due to their chemical composition (approximately 89% oxygen 
and 11% hydrogen by mass for water and approximately 91% carbon and 9% hydrogen for 
PVT) (Horrocks 1971). Therefore, many of beam and irradiation configuration parameters 
that affect the response of solid-state detectors do not affect the linear dose response of a 
scintillation dosimeter, as shown in Table 2.1. Dosimeters based on organic scintillators have 
been shown to be independent of dose rate, beam energy and beam angle. They have also 
been shown to accurate measure beam profiles, beam output factors and percentage depth 
dose of a megavoltage beam without the need for correction factors (Archambault et al 2006, 
Lacroix et al 2008, Lambert et al 2008). 
Scintillation dosimeters are also capable of measuring dose with very high temporal 
resolution due to the rapid response time of the scintillation signal. Clift et al (2002) showed 
that the scintillation signal reaches its peak emission 480 - 580 ns following irradiation. The 
response time means that the temporal resolution of a dosimetry system is limited almost 
entirely by the sensitivity and readout speed of the photodetector. Fast and sensitive 
photodetectors enable scintillation dosimeters to perform real-time dosimetry in treatment 
modalities with temporal variations in dose rate, for example high dose rate (HDR) 
brachytherapy and rotational external beam treatments. The scintillation response speed is 
best demonstrated in studies where plastic scintillators have measured the dose delivered by a 
linac on a pulse-by-pulse basis (Ishikawa et al 2009, Beierholm et al 2011). 
One of the limitations of scintillation dosimeters is a temperature dependence that has 
been observed in organic scintillators (Beddar 2012, Buranurak et al 2013). Buranurak et al 
showed that a significant reduction in the scintillation signal with increasing temperature. The 
temperature dependence is on the order -0.57 ± 0.04%/ K for variations in room temperature. 
However, at body temperature the reduction in scintillation signal from that at room 
temperature is on the order of 10%. This can affect the use of scintillation detectors in in vivo 
studies where a dosimeter is often calibrated at room temperature, but the dosimetric 
measurements are taken at body temperature. Wootton and Beddar (2013) showed that the 
degree of temperature dependence varied greatly with different types of scintillators, though 
the effect cannot be avoided entirely with scintillator choice. A correction must be made for 
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the temperature dependence, particularly for in vivo studies, or the dosimeters must be 
calibrated at body temperature. 
2.3 Clinical implementation of scintillation dosimetry 
Most application of scintillators currently in clinical use are for imaging rather than 
dosimetry. Almost all modern medical linear accelerators are now equipped with electronic 
portal imaging devices (EPIDs). An EPID uses a sheets of scintillator that is placed in the 
beam line to image the dose distribution of a megavoltage beam upon exiting the patient or 
phantom (Warkentin et al 2003). Scintillation sheets have also been implemented for 
dosimetry in products such as the DCT444 (Gammex RMI, Wisconsin, USA) and the 
Dosimap (Frelin et al 2008), though these products have not found commercial success and 
are not widely used.  
The clinical translation of small scintillation dosimeters of the form shown in Figure 
2.2 has not been widespread. Most clinical studies involving scintillators have been 
experimental trials in HDR brachytherapy treatments. At the lower energies of HDR 
brachytherapy, the presence of Cerenkov radiation, which contaminates the scintillation 
signal in megavoltage beams, is negligible in most clinical situations (Cartwright et al 2010, 
Therriault-Proulx et al 2011). This allows scintillation dosimeters to be more easily 
implemented. Scintillation dosimeters have been used in vivo to monitor the dose delivered to 
the patient as the brachytherapy treatment progress (Kertzscher et al 2011, Suchowerska et al 
2011, Wootton et al 2014). 
For the measurement of megavoltage beams, only one commercial scintillation 
dosimeter is available at the time of writing. This dosimeter, the Exradin W1 (Standard 
Imaging, Wisconsin, USA) uses a cylindrical scintillator 3 mm in length and 1 mm in 
diameter. The dosimeter relies on the spectral discrimination of the light signal to separate the 
scintillation signal from the Cerenkov signal. Initial characterization of the Exradin W1 in the 
literature has shown that the dosimeter is adequate for relative measurements in small fields, 
though calibration of the device and measuring large fields can be problematic (Beierholm et 
al 2014, Carrasco et al 2015). 
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2.4 Summary 
There are many areas of radiation dosimetry where traditional dosimeters such as 
ionization chambers and diodes are unsuitable. These include small megavoltage beams, use 
in closely packed arrays and in vivo dosimetry. Plastic scintillation dosimeters possess the 
desirable dosimetric properties to outperform traditional dosimeters in these situations. Most 
importantly, plastic scintillators are close to water equivalent and exhibit a linear response to 
dose. The clinical uptake of scintillation dosimeters, however, has thus far been limited and 
improvements to their usability and robustness are still required.  
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3)  3 
CHAPTER 3 
Elimination of Cerenkov radiation 
 
The measurement of the scintillation signal generated by a megavoltage beam is 
compromised by an unwanted Cerenkov light signal. During scintillation dosimetry, the 
measured light signal is a combination of the scintillation light (proportional to the energy 
deposited) and the Cerenkov light (dependent on beam angle, beam energy and field size). To 
accurately measure dose, the scintillation and Cerenkov light signals must be separated. Note 
that the Cerenkov contribution is not “noise” because it does not cause a random fluctuation 
in the reading, but instead has a systematic dependence on the irradiation conditions. 
 There are five techniques commonly used to separate the Cerenkov light signal from 
the scintillation light signal. These methods are: the use of a parallel background fibre to 
estimate the Cerenkov radiation in its partner (Beddar et al 1992); the exploitation of the 
temporal differences between the prompt generation of Cerenkov light and the delayed 
generation of scintillation light (Clift et al 2002, Andersen et al 2011); the use of a optically 
stimulated luminescence signal instead of the scintillation signal (Gaza et al 2004, Andersen 
et al 2009); the use of the spectral differences between scintillation and Cerenkov light (Frelin 
et al 2005, Archambault et al 2012); and the use of an air core waveguide (Lambert et al 2008, 
Konnoff et al 2011). These techniques have been shown in the literature to successfully 
account for the presence of Cerenkov radiation, but also have limitations. The parallel 
background fibre, for example, is effective in uniform fields, but can result in large 
uncertainties in the presence of dose gradients. The discrimination of temporal differences in 
light signals can only be used in pulsed beams and requires complex hardware with very high 
temporal resolution, while the use of optically stimulated luminescence signals requires 
inorganic scintillators that are not water equivalent. The spectral discrimination and air core 
methods appear to be the most robust techniques for clinical implementation, however there is 
no study that compares their performance in a particular clinical situation. 
 This chapter comprises two sections. The aim of the first section is to report on the 
comparative performance of these two Cerenkov elimination techniques. A prototype system 
based on each method was constructed and the performance of each system was assessed for 
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a wide range of dosimetric parameters. The clinical feasibility of the two approaches was also 
studied, in particular, the day to day reproducibility and the constancy of the calibration.  
The second section of this chapter aims to build and test an improved implementation 
of the spectral discrimination method by utilizing an in-line splitter. This new design uses 
simpler optics and can be integrated with faster, more sensitive photomultiplier tubes (PMTs) 
for light readout. 
3.1 Physics of Cerenkov radiation 
3.1.1 Generation and nature of Cerenkov light 
In a material medium, the phase velocity of light is reduced by the polarization of the 
medium. If the velocity of a charged particle passing through the medium is greater than the 
phase velocity of light in the medium, Cerenkov light will be generated (Cherenkov 1934). 
There is a fundamental physical relationship between the angle at which the Cerenkov light is 
emitted, the refractive index of the medium and the velocity of the high-energy particle. This 
is expressed as: 
sinκ = 1
βn   , (3.1) 
where κ is the angle of emission of light rays relative to v, the particle velocity vector. n is the 
refractive index of the medium and β is the ratio of v to the speed of light in vacuum, c. The 
Cerenkov light wavefront forms a cone with angle κ with the cone axis being the path of the 
charged particle, as shown in Figure 3.1. This process is analogous to the cone of a sonic 
boom that is created when an object exceeds the speed of sound in air. 
 
Figure 3.1 The Cerenkov cone of light rays produced by a particle travelling with 
velocity v. The cone angle κ is determined by the particle’s velocity and the 
refractive index of the medium.  
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At a particular wavelength λ, the intensity of Cerenkov light generated, I, is given by: 
I(λ)dλ = e
2
4πε0c2
1− 1n(λ)2β2
⎛
⎝⎜
⎞
⎠⎟
dλ
λ
 , (3.2) 
where e is the charge of the particle and n(λ) is the refractive index as a function of 
wavelength. When Equation 3.2 is integrated over the entire spectrum, the energy lost by a 
charged particle due to the generation of Cerenkov radiation is approximately 0.5% of that 
which is lost due to ionization interactions (Jelley 1958). Consequently, compared to other 
interactions, the generation of Cerenkov radiation is a relatively weak process. 
Neglecting dispersion (that is, keeping n constant), Equation 3.2 can be rewritten to 
show that the spectral distribution of Cerenkov radiation is continuous and varies as a 
function of wavelength according to: 
dI
dλ ∝
1
λ 3
 . (3.3) 
Equation 3.3 predicts that Cerenkov radiation decreases in intensity with longer wavelength 
which is illustrated in Figure 3.3. 
3.1.2 Cerenkov light in scintillation dosimetry 
In high-energy physics, Cerenkov radiation has many beneficial applications in the 
detection of fast moving charged particles due to its rapid response time (Mattem et al 1974) 
and the directional emission described by the Cerenkov light cone. In scintillation dosimetry 
however, Cerenkov radiation is an unwanted signal that compromises the ability to accurately 
measure light from the scintillator and therefore the absorbed dose. Light from the scintillator 
is transported to a photodetector via a plastic optic fibre with a PMMA core. When the plastic 
optic fibre is irradiated, Cerenkov radiation will be generated if primary or secondary 
electrons have enough energy to exceed the speed of light in PMMA. That is, if: 
velectron,PMMA > c nPMMA  . (3.4) 
PMMA has a refractive index of nPMMA = 1.492 and therefore the threshold energy at which 
Cerenkov radiation is generated is approximately 180 keV. 
The Cerenkov radiation generated at these energies however, will only couple into the 
optic fibre if the angle of the Cerenkov cone is within the angle of acceptance of the optic 
fibre (Law et al 2007). Figure 3.2 shows the geometric relationship between the optic fibre 
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acceptance angle (θA), a particle travelling with velocity v = βc at an angle γ with respect to 
the fibre axis and the resulting Cerenkov cone with emission angle κ. Cerenkov radiation will 
only couple into the optic fibre if the emission angle is between the two cases shown, being 
the most acute and obtuse incident angles. That is, if 
κ − θA ≤ γ ≤ κ + θA  . (3.5) 
The optic fibre acceptance angle, θA, is determined by the refractive index of the core 
material (ncore) and the cladding (ncladding): 
sinθA = ncore2 − ncladding2  . (3.6) 
The plastic optic fibre used in this study has a PMMA core (ncore = 1.492) and a fluorinated 
polymer cladding (ncladding = 1.402) (Binu et al 2010), resulting in an acceptance angle of θA = 
29.4°. 
The angle of emission of the Cerenkov cone is dependent on the energy of the incident 
electron. For low energy electrons, starting from the threshold energy of 180 keV, the angle 
of emission as calculated by Equation 3.1 is κ = 62.9°. As electrons increase in energy and 
approach their relativistic limit (from 1.2 MeV where β = 0.95), β approaches 1 
asymptotically and the angle of emission approaches an angle of κ = 42.1°. 
With Equation 3.5, we calculate that if an optic fibre is irradiated by a megavoltage 
beam, Cerenkov light will detected in the optic fibre if the direction of the incident electron is 
between 12.7° and 71.5° with respect to the fibre axis, illustrated in Figure 3.2. This has been 
verified experimentally with a 9 MeV electron beam by Lambert et al (2008) and with a 15 
MV photon beam by Frelin et al (2005). While the electron beam is highly directional, the 
Cerenkov radiation generated with a megavoltage photon beam is the result of scattered 
secondary electrons that are more random in their direction. Therefore in photon beams, 
Cerenkov radiation will be observed at all angles, but will peak within the angles calculated 
which can affect the overall measurement uncertainty of dose. 
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Figure 3.2 The geometric relationship between the path of the charged incident 
particle and the optic fibre at the most acute (top) and obtuse (bottom) angles for 
coupling of the Cerenkov light into the fibre. The values listed for the acceptance 
angle θA and the angle of Cerenkov emission κ are for a high energy electron 
incident on a PMMA core optic fibre. 
3.2 Spectral discrimination technique 
 The spectral discrimination method developed by Fontbonne et al (2002) can be used 
to strip the Cerenkov light signal from the scintillation light signal using a linear 
mathematical procedure that relies on the spectral differences between the two signals. The 
scintillation light is generally confined to a limited range of wavelengths and is dependent on 
the composition of the scintillation material, while the Cerenkov radiation is emitted in a 
broad spectrum that ranges from infrared to ultraviolet, decreasing in intensity with 
wavelength (Equation 3.3). 
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Figure 3.3 shows the scintillation emission spectrum of BC-400 (Saint-Gobain, 
Courbevoie, France), a scintillator used in scintillation dosimetry and the theoretical 
Cerenkov spectrum. Spectral discrimination requires measurement of the signal in two 
separate wavelength regions. Fontbonne et al achieved the wavelength separation by passing 
the signal through coloured filters to photodiodes. Frelin et al (2005) used a cooled charge-
coupled device (CCD) camera fitted with dichroic filters that reflect light of a particular 
wavelength, while Archambault et al (2006) used a colour CCD camera to record the light 
intensity in the blue and green pixels. 
 
 
Figure 3.3 The theoretical Cerenkov spectrum and the spectrum of the BC-400 
scintillator. The blue and green bands represent the wavelength regions measured 
by the blue and green pixels of the Apogee CCD camera. The relationship between 
the magnitude of light in each of these bands is used to quantify the amount of 
Cerenkov radiation. 
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As the Cerenkov spectrum is known, the magnitude of each of the scintillation and the 
Cerenkov components in the total light signal can be determined mathematically. The light 
signal is measured in two wavelength regions, labelled b and g. As an example, b might refer 
to the measured intensity after the light has been passed through a blue filter and g might refer 
to the same measured intensity after the light has passed through a green filter. Each 
measurement (M) is a vector that contains a scintillation component that is proportional to the 
dose (D) and a variable Cerenkov background component (C), expressed in the linear matrix 
relation 
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where Ag, Ab, Bg and Bb are coefficients. Dose can then be expressed as 
D = BbAgBb − AbBg
⎛
⎝⎜
⎞
⎠⎟
⋅Mg −
Bg
AgBb − AbBg
⎛
⎝⎜
⎞
⎠⎟
⋅Mb  (3.8) 
or 
D = K1Mg + K2Mb  , (3.9) 
with K1 and K2 being spectral calibration coefficients that are determined using a calibration 
procedure. 
The system is calibrated by irradiating the scintillation detector with a known dose in 
two configurations. The two irradiation configurations are designed to produce different 
relative contributions of the scintillation and Cerenkov light. The first irradiation is with a 
small field, usually 100 mm × 100 mm, such that a minimum length of optic fibre is exposed 
and thus a minimum amount of Cerenkov radiation is generated. The second irradiation is 
performed in a large field, usually 300 mm × 300 mm, so that a larger length of optic fibre is 
exposed and produces a maximum Cerenkov signal. As shown in Figure 3.4, the Cerenkov 
contribution in the large field can be enhanced by winding the fibre optic into a coil and 
placing the coil in the beam. Equation 3.9 is applied twice for these two irradiations and 
solved simultaneously to find the spectral calibration coefficients K1 and K2 using the 
measured signal and the known doses delivered. Once the system has been calibrated and K1 
and K2 have been determined, subsequent measurements can be equated to dose with 
Equation 3.9. 
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There are several underlying factors that affect the efficiency and accuracy of spectral 
discrimination in removing the Cerenkov background signal. The first is that the Cerenkov 
spectrum must remain unchanging when the irradiation conditions are altered. The emission 
peaks of the scintillator and the Cerenkov radiation signal must also be clearly distinguishable 
in wavelength, which can be achieved by using an appropriate scintillating material. 
 
Figure 3.4 Calibration using a small (left) and large (right) radiation field (with a 
coil of optic fibre) to measure the signal in cases of minimum and maximum 
Cerenkov generation respectively. 
3.3 Air core waveguide technique 
 An air core waveguide dosimeter, shown in Figure 3.5, aims to prevent the generation 
of Cerenkov radiation by replacing part of the optic fibre in the dosimeter with a hollow 
waveguide (Polymicro Technologies LLC, Illinois, US). The waveguide is constructed from a 
silica tube with thickness 0.16 mm and an internal diameter selected to fit specific size of 
optic fibre and the scintillator (usually 1 mm). The silica tube contains a thin layer of silver 
(0.12 µm) on the interior surface to improve the transmission efficiency (Matsuura et al 1989). 
Light is transmitted through internal reflections from the scintillator coupled at one end of the 
waveguide to a conventional plastic optic fibre inserted into the distal end. 
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Figure 3.5 Photograph of an air core dosimeter with a hollow waveguide with an 
internal diameter of 1 mm and a length of 120 mm. A schematic diagram of the 
dosimeter is shown in Figure 3.8. 
As the air core waveguide is hollow, the medium of light transmission is air. Equation 
3.6 shows that Cerenkov radiation will only be generated in a medium if the refractive index 
n is greater than unity. The refractive index of air is nair = 1.00029 and therefore the threshold 
energy for the generation of Cerenkov radiation by electrons in air is relatively high at 20.3 
MeV. This is greater than energies used in radiotherapy and therefore the implementation of 
the air core waveguide avoids the production of a Cerenkov background. 
The length of the air core waveguide needs to be minimised due to its relatively high 
light attenuation coefficient. The drop in power of an air core waveguide has been measured 
to be approximately 55 dB m-1, compared to 0.7 dB m-1 for PMMA optic fibre (Lambert 
2008). For this reason, the length of the waveguide is typically kept below 300 mm. Although 
Cerenkov background radiation is not generated in the air core by the primary radiation field, 
any scattered radiation with sufficient energy, as well as radiation leakage from the linear 
accelerator head, will generate a small Cerenkov signal in the plastic optic fibre beyond the 
air core waveguide (the residual Cerenkov signal). Techniques for the accurate removal of the 
residual Cerenkov signal will be discussed in Chapter 4. The size of the residual Cerenkov 
signal relative to the scintillation light has a large effect on the overall measurement 
uncertainty of the air core dosimeter. Therefore, the length of the waveguide must be 
carefully selected: a short air core waveguide places the conventional plastic optic fibre closer 
to the primary beam, subjecting it to more scattered radiation and a larger residual Cerenkov 
signal, while a longer air core guide will cause additional attenuation of the scintillation 
signal. 
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3.4 Materials and method for comparative study 
In order to compare these Cerenkov elimination techniques, prototype systems based 
on specifications published in the literature were constructed and assessed a wide range of 
dosimetric and clinical properties. The spectral discrimination system was based on the 
design reported by Archambault et al (2006) and the air core system was based on the design 
reported by Lambert et al (2008). 
3.4.1 Spectral discrimination system 
The spectral discrimination system consists of a dosimeter with a BC400 scintillator 
that is 4 mm in length and 1 mm in diameter, coupled to a 1 mm diameter plastic optic fibre, 
as shown in Figure 3.6. A single extension fibre 15 m in length was used to carry the light 
signal out of the treatment room to an Apogee Alta U2000C (Apogee Imaging Systems, 
California, US) colour CCD camera identical to the one used by Archambault et al. The 
colour camera was kept outside the treatment bunker to avoid damage and noise in the CCD 
camera by scattered radiation (Archambault et al 2008). The scintillation signal was coupled 
to the CCD camera with a fixed lens with a focal length of 12 mm. The exposure time is 
controlled manually and unless otherwise specified, a 10 s exposure time was used for image 
acquisition. 
To obtain the green and blue signals corresponding to the coefficients Mg and Mb, a 
region of interest (ROI) was delineated on the image of the fibre end and the corresponding 
green and blue pixels on the camera sensor’s Bayer pattern within the ROI were integrated 
using the matrices shown in Figure 3.7. 
 
Figure 3.6 A schematic diagram of the spectral discrimination system used in this 
Chapter. 
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Figure 3.7 The light signal from the dosimeter as it appears on the CCD camera. 
The magnified view shows the colour filters of the Bayer pattern on the sensor. A 
ROI is delineated (yellow) on the image and measurements in the green and blue 
wavelength regions (Mb and Mg respectively) are obtained by summation 
according to the filters on the sensor by using the matrices shown. Note that the 
measurement in the green wavelength region will have a lower measurement 
uncertainty as there are twice as many green pixels on the sensor. 
 Calibration of the system was performed with two irradiations, as described in Section 
3.2, in a 100 mm × 100 mm field and a 300 mm × 300 mm field at a source-to-surface 
distance (SSD) of 98.5 cm and at a depth of 15 mm in a solid water phantom. Customized 
software was written in LabVIEWTM to calculate the spectral calibration constants K1 and K2 
in Equation 3.9. 
3.4.2 Air core dosimetry system 
The air core system consists of a dosimeter of BC400 scintillator material, measuring 1 
mm in length and 1 mm in diameter, coupled to a 200 mm long silica air core light guide as 
shown in Figure 3.8. A 1 mm diameter plastic optic fibre, 15 m in length, was inserted into 
the distal end of the waveguide and transmits the scintillator signal to a Hamamatsu PMT 
(Hamamatsu Photonics K.K., Shizuoka, Japan) located outside the treatment bunker. A 
second blind parallel fibre is connected to a second PMT and was used to subtract the residual 
Cerenkov signal. The current produced from the PMTs, which is proportional to the dose rate, 
is measured by an electrometer using customized LabVIEWTM software. Although the air 
core system has an acquisition time of 100 ms, a 10 s acquisition time was used by 
summation to allow direct comparison with the spectral discrimination system. 
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Figure 3.8 A schematic diagram of the air core system used in this in this Chapter. 
3.4.3 Reproducibility and readout speed 
For identical irradiation conditions, the reproducibility for each prototype system is 
dependent on the size of the scintillator and the sensitivity of the detector. These two factors 
determine the speed at which each system can be used clinically, as low sensitivity will 
require a longer acquisition time in order to obtain a desired signal to noise ratio and an 
acceptable error in dose. The reproducibility was quantified by taking the standard deviation 
of 10 readings at various acquisition times. The acquisition time of the spectral discrimination 
system is varied by changing the exposure time setting of the Apogee colour camera. For the 
air core system, the PMT was operated at a constant acquisition time of 100 ms and 
measurements for longer periods were obtained by summation. 
3.4.4 Percentage depth dose 
The accuracy of both prototype systems in measuring the central axis percentage depth 
dose in water was tested with a 6 MV X-ray beam produced by a Varian NovalisTM linear 
accelerator. Both dosimeters were located at the centre of 100 mm × 100 mm field in a water 
tank with a SSD of 98.5 cm. Each dosimeter was lowered in the water tank using the 
motorized arm and at discrete depths, a dose of 100 monitor units (MU) was delivered at a 
dose rate of 600 MU min-1. The Varian Novalis was calibrated such that 1 MU delivered a 
dose of 1 cGy to the isocentre a depth of dmax = 15 mm (the depth at which the maximum dose 
is delivered) for a field size of 100 mm × 100 mm and a SSD of 98.5 cm in full scatter 
conditions. The results of both systems were compared to those obtained using a PTW 
SemiﬂexTM ionization chamber (model 31002, 0.125 cm3, PTW Freiburg GmbH, Germany) 
exposed under the same conditions. 
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3.4.5 Beam output factors 
The beam output factors were measured to determine the ability of the spectral 
discrimination system and the air core system to correct for the Cerenkov radiation at each 
field size. For both systems the dosimeter was located at the isocentre in a solid water 
phantom at a depth of 15 mm and an SSD of 98.5 cm. 100 MU were delivered for square 
radiation fields defined by the multi-leaf collimators (MLCs), ranging from 20 mm × 20 mm 
to 100 mm × 100 mm in 10 mm increments. The measurements were compared to the dose 
measured by a SemiflexTM ionization chamber under the same conditions. 
3.4.6 Angular dependence 
Since the dosimeter is cylindrically symmetrical there will be no angular dependence in 
the axial plane. However, there may be angular dependence in the azimuthal plane. In the air 
core system, the air in the hollow silica waveguide may change the dose received by the 
scintillator at each angle (Wang et al 2010). In the spectral discrimination system, the 
magnitude of Cerenkov radiation generated in the optic fibre can vary greatly depending on 
the angle between the central beam axis and the fibre axis (φ). To determine the angular 
dependence of each dosimeter system, the geometric centre of the scintillator was placed at 
the centre of a wax cylinder of diameter 60 mm and located at the isocentre. The dosimeter 
was irradiated with 100 MU at field size of 40 mm × 40 mm, as shown in Figure 3.9A. 
Measurements were taken for angles φ between 50° and 180° in 10° increments.  
In a photon beam, Cerenkov radiation is generated by scattered secondary electrons 
that are random in their direction. A megavoltage electron beam, therefore, provides a much 
more stringent test of the ability of each system to deal with the strongly varying intensity of 
the Cerenkov signal with respect to the particle direction. Angular dependence measurements 
for an electron beam were made by suspending both dosimeters at the beam isocentre in a 
Styrofoam frame placed 400 mm apart, as shown in Figure 3.9B. Measurements were taken in 
a 9 MeV electron beam with a field size of 40 mm × 40 mm and rotated in 5° increments 
between the angles of 20° to 110°. 
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Figure 3.9 A schematic diagram of the experimental setup locating the sensitive 
volume of the scintillation dosimeters used in the spectral discrimination system 
and the air core system at the isocentre of (A) a 6 MV photon beam, and at the 
centre of the of the wax cylinder and (B) a 9 MeV electron beam, where tape is 
used to hold the dosimeter in air between two Styrofoam blocks. 
 
3.4.7 Stem effect 
The stem effect causes errors in dose measurements, especially when the sensitive 
volume of the dosimeter is shielded from the primary beam by either the collimator jaws or 
by the MLC while the stem of the dosimeter is irradiated by the primary beam. The ability to 
account for the Cerenkov signal generated in the stem of the dosimeter was tested by 
measuring a dose profile, as shown in Figure 3.10. Both dosimeters were scanned through the 
field such that the left hand side of the field is measured with the stem of the dosimeter 
predominantly outside the open field (A), while the right hand side of the field is measured 
with the stem of the dosimeter being irradiated in the open field (B). The presence of a stem 
effect will introduce an asymmetry in the measured beam profile. The beam profile of an 80 
mm × 80 mm field was measured using the spectral discrimination system and the beam 
profile of a 50 mm × 50 mm field was measured using the air core system. 
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Figure 3.10 The method used to measure the stem effect of the scintillation 
dosimeter and the air core dosimeter. The dosimeter is scanned along its axis 
across the radiation field from its position in (A) to its position in (B) to measure 
the profile of the symmetric photon field. 
3.4.8 Day to day reproducibility of Cerenkov calibration 
The dose calculated by the spectral discrimination system is dependent on the spectral 
calibration coefficients K1 and K2 that are obtained during the calibration process. The method 
in which the calibration is performed may result in different coefficients and as a result, 
different doses calculated for the same irradiation. To quantify the effect of the calibration 
process on the dose measured, the amount of fibre coiled and irradiated in the large field was 
varied and the resulting changes in dose were calculated. 
The day to day reproducibility of the calibration constants of both systems were 
measured. The same dosimeter for both systems was re-calibrated on different days over a 
two week period with the same extension optic fibre on the same linear accelerator with the 
same geometric setup and irradiation settings. Over this period, all components from the 
extension fibre to the photodetector remained connected to ensure that optical coupling was 
constant throughout. The dosimeter itself was disconnected from the extension fibre, then 
wound and unwound at the start and end of each experimental session and laid out in a similar 
position each day in the treatment bunker. In the spectral discrimination system, the 
calibration process of two irradiations was repeated for a similar amount of coiled fibre and 
the new spectral calibration constants K1 and K2 were calculated. In the air core system, the 
dosimeter was calibrated each day by irradiating the dosimeter to a known dose. A dose 
measured with a single 10 s acquisition of 100 MU taken on day 1 was recalculated using the 
calibration coefficients determined on subsequent days using both systems.  
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3.5 Results of the comparative study 
3.5.1 Reproducibility and readout speed 
Table 3.1 shows the percentage measurement uncertainty of each system as a function 
of the acquisition time, calculated by dividing the standard deviation by the mean. The 
measurement uncertainty is primarily dependent on the light sensitivity of the readout system 
which determines SNR. There is also an additional measurement uncertainty inherent in each 
of the Cerenkov removal techniques. For example, variations in the calibration procedure in 
the spectral discrimination method and the subtraction of the residual Cerenkov signal in the 
air core method are sources of additional measurement uncertainty. As the acquisition time is 
extended, the measurement uncertainty of both systems decreases. The air core system 
achieves a measurement uncertainty of 1% or better with an acquisition time of 0.5 s. The 
spectral discrimination system, however, requires a minimum acquisition time of 6 s to obtain 
a measurement uncertainty of 1% or better. This agrees with the results reported by Lacroix et 
al (2010) of ±0.8% for an acquisition time of 5 s using the same CCD camera for readout. 
Lacroix et al obtained a lower measurement uncertainty by using an 8 mm scintillator instead 
of the 4 mm scintillator used in this Chapter.   
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Table 3.1 The uncertainty in measurements made with both prototype systems for 
a range of acquisition times under identical irradiation conditions. The spectral 
discrimination system has a larger signal as a larger scintillator is used (4 mm) but 
the Apogee CCD has lower light sensitivity. The air core system has a lower signal 
due to the use of a small scintillator (1 mm) and the light attenuation of the air core 
waveguide, but the Hamamatsu PMT has a higher sensitivity. 
Acquisition Time (s) Spectral Discrimination/Colour 
CCD Measurement 
Uncertainty 
Air Core/PMT Measurement 
Uncertainty 
0.1 - 1.9% 
0.2 - 1.6% 
0.5 10.4% 0.8% 
1 7.3% 0.6% 
2 2.9% 0.5% 
3 2.4% 0.5% 
4 1.7% 0.4% 
5 1.6% 0.3% 
6 1.0% 0.3% 
7 1.0% 0.2% 
8 0.8% 0.2% 
9 0.9% 0.2% 
10 0.8% 0.2% 
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3.5.2 Percentage depth dose 
The central axis percentage depth dose measurements using both the spectral 
discrimination system and the air core system are shown in Figure 3.11. Between the depths 
of 5 mm and 250 mm, the dose measured with the air core dosimeter agreed with the 
ionization chamber to within 0.6%. The dose measured with the spectral discrimination 
system agreed with the ionization chamber to within 1.9%. 
 
Figure 3.11 The central axis percentage depth dose of a 6 MV photon beam with 
field size 100 × 100 mm measured in water. Measurements taken with the spectral 
discrimination system and the air core system are compared to readings from a 
PTW Semiflex ionization chamber. The error bars represent combined from the 
measurement uncertainty of the photodetector and Cerenkov subtraction 
calculations. 
3.5.3 Beam output factors 
The measured beam output factors are shown in Figure 3.12. For field sizes between 20 
mm × 20 mm to 100 mm × 100 mm, the spectral discrimination system agreed with the 
ionization chamber to within 2.6%. The air core dosimeter agreed with the ionization 
chamber to within 0.7%. 
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Figure 3.12 Comparison of the dose measured at the centre of a 6 MV photon field 
as a function of field size at a depth of 15 mm in water using the spectral 
discrimination system, the air core system and a PTW Semiflex ionization 
chamber. The error bars represent combined from the measurement uncertainty of 
the photodetector and Cerenkov subtraction calculations. Note that the Semiflex 
ionization chamber is only recommended as a reference dosimeter for fields larger 
than 20 mm × 20 mm. 
3.5.4 Angular dependence 
The azimuthal angular dependence of both dosimeter systems under a photon beam is 
shown in Figure 3.13. The spectral discrimination system exhibited a maximum deviation of 
6%, occurring at the most acute angle between the beam and the fibre axis. These are the 
conditions that give maximum illumination of the fibre length and maybe cause spectral 
changes in the Cerenkov light that are unaccounted for by the spectral discrimination method. 
Conversely, the air core system shows a maximum deviation (2.5%) when the beam central 
axis was most closely aligned with the axis of the air core waveguide, conditions under which 
the edge of the primary beam approaches the conventional optic fibre and generates the 
largest residual Cerenkov signal. For both systems, there is a restricted but useful angle range, 
over which the dosimeter measures dose to within 2% of the normalized reading. 
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Figure 3.13 The dose measured by the two dosimetry systems as a function of the 
angle φ between the fibre axis and the central axis of the 6 MV photon beam. 
Measurements are normalized to the dose measured when the beam central axis is 
perpendicular to the fibre axis (φ = 90°). The error bars represent combined from 
the measurement uncertainty of the photodetector and Cerenkov subtraction 
calculations. 
 
Chapter 3 – Elimination of Cerenkov Radiation  
 
 46 
 
Figure 3.14 The raw light signal measured with the spectral discrimination system 
as a function of the angle φ between the fibre axis and the central axis of the 9 
MeV electron beam. The change in intensity reflects the range of angles over 
which Cerenkov light couples into the plastic optic fibre that was calculated in 
Section 3.1.2. 
Figure 3.14 and Figure 3.15 illustrate the angular dependence of each dosimetry system 
when exposed to a 9 MeV electron beam in air. Figure 3.14 shows the total light signal 
(scintillation and Cerenkov light) measured by the CCD camera as a function of φ. The light 
signal shows a clear peak at the angles of 40° and 50°. This agrees with the calculations in 
Section 3.1.2 that show the peak angle of Cerenkov coupling to be 45.1°. Figure 3.14 also 
agrees with the calculations that Cerenkov light will couple into the fibre if the beam axis 
forms an angle between 12.7° and 75.1° with respect to the fibre axis. Within the angular 
range of the Cerenkov peak, the mathematical procedure in the spectral discrimination 
method over-compensates for the Cerenkov background, resulting in a deviation of -12%, 
shown in Figure 3.15. The air core exhibits a maximum deviation of up to 2.5% between the 
angles of 20° to 70°. Similar to the photon beam, this is where edge of the primary beam is 
closest to the distal end of the air core waveguide and the conventional optical fibre, 
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generating the largest residual Cerenkov signal. When the residual Cerenkov signal is large 
compared to the scintillation signal, differences in the magnitude of residual Cerenkov 
generated in the two parallel optic fibres will cause errors in dose. This error can be 
minimised by using a twisted pair optic fibre in place of a parallel pair and will be discussed 
in Chapter 4. 
 
Figure 3.15 The dose measured by the two dosimetry systems as a function of the 
angle φ between the dosimeter fibre axis and the central axis of the 9 MeV 
electron beam. Measurements are normalized to the dose measured when the beam 
central axis is perpendicular to the fibre axis (φ = 90°). The error bars represent 
combined from the measurement uncertainty of the photodetector and Cerenkov 
subtraction calculations. 
3.5.5 Stem effect 
The left and right sides of the symmetrical square field dose profile are superimposed 
in Figure 3.16. To account for a positional uncertainty of the scintillator ±0.5 mm, the two 
edges of each field have been adjusted to align with one another. Measurements made with 
the spectral discrimination system (Figure 3.16A) required an adjustment of 0.3 mm towards 
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the left, while measurements made with the air core dosimeter system (Figure 3.16B) required 
an adjustment of 0.3 mm towards the right. The left and right hand sides of the dose profile 
for both systems agreed within the uncertainty of their measurements. This shows that 
Cerenkov radiation has been successfully accounted for in both cases. Both systems gave a 
measurement close to zero on the right hand side of the field where the stem is irradiated by 
the primary beam, but the scintillator is outside the radiation field, indicating that there is no 
measurable stem effect. 
 
Figure 3.16 The dose profile of (A) an 80 mm × 80 mm square field as measured 
by the spectral discrimination system and (B) a 50 mm × 50 mm square field as 
measured using the air core system. Both profiles are symmetrical about the 
central axis and show that no stem effect is present in either dosimeter. The error 
bars represent combined from the measurement uncertainty of the photodetector 
and Cerenkov subtraction calculations. 
3.5.6 Day to day reproducibility of Cerenkov calibration 
The dosimetric accuracy of the spectral discrimination method is potentially affected 
by variations in the calibration process. For example, varying the length of fibre irradiated 
may alter the resulting spectral calibration constants. For a variation of the irradiated length 
from 0.9 m to 5.4 m, the dose calculated varies by 0.5%. Variation in calibration constants are 
likely to be caused by the changes in the Cerenkov spectrum under different irradiation 
conditions (Guillot et al 2011). Guillot et al demonstrated that the ratio of Cerenkov light 
measured in the two spectral regions changes based on the optic fibre attenuation, the length 
of fibre irradiated during calibration and the total length of optic fibre used in the system. 
Guillot et al also describe three additional calibration procedures that result in different 
Chapter 3 – Elimination of Cerenkov Radiation  
 
 49 
spectral calibration coefficients and computed dose for the same exposure. One of the four 
calibration procedures requires the scintillator to be shielded, while another procedure 
requires three exposures to determine the spectral calibration coefficients. 
The vulnerability of the spectral discrimination method to changes in the Cerenkov 
spectrum will ultimately affect the day to day reproducibility of the method. Figure 3.17 
shows the variation in the absolute dose measured using the spectral discrimination system on 
6 different days. The calculated dose for a single irradiation using spectral calibration 
coefficients obtained on subsequent days departed from the actual dose delivered by an 
average of 9.4% with a maximum deviation of 15.2% using the calibration constants derived 
on day 5. 
 
 
Figure 3.17 The dose measured using the spectral discrimination system for a 
single 10 s exposure using the spectral calibration coefficients obtained on 
subsequent days. Results are normalized to the day 1 result. 
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Figure 3.18 The change in spectral calibration coefficients over 6 days from day 1. 
K1 is the spectral calibration coefficient that is multiplied by the signal in the green 
spectral region and K2 is the corresponding coefficient for the blue spectral region. 
 The equations in Fontbonne et al (2002) to determine dose from the readings in the 
green and blue spectral regions are linear. Therefore, a change in the overall attenuation of the 
signal in the extension ﬁbre (equal in all wavelengths) should cause an equal percentage 
change in both spectral calibration coefﬁcients. Figure 3.18 shows that on day 2, the changes 
in spectral calibration coefﬁcients are consistent with this change in overall attenuation, as 
both coefficients are approximately 9% higher than the coefficients obtained on day 1. These 
changes in overall attenuation can be caused by variations in the path taken by the fibre from 
the dosimeter to the photodetector through the bunker and optical variations arising from 
disconnecting and reconnecting of the dosimeter and extension fibres. The equations in 
Fontbonne et al also imply that differential spectral attenuation (where one wavelength is 
attenuated more than another) will cause one spectral calibration coefﬁcient to change by a 
different percentage compared to the other. Figure 3.18 shows that on day 6, the blue spectral 
region was less severely attenuated than on day 1. The changes in the signal spectrum 
identified are caused by absorption bands in the optic fibre’s PMMA core that have been 
Chapter 3 – Elimination of Cerenkov Radiation  
 
 51 
shown by Lambert et al (2009) and Beierholm et al (2011) to preferentially attenuate certain 
spectral regions. The ratio of the blue to green intensity of the light signal will therefore 
depend on the length of fibre traversed by the light between the point of generation and the 
photodetector. This may also be the cause of the angular dependence measured in Figure 3.13 
and Figure 3.15. Since the point of generation of Cerenkov light will be on average closer to 
the photodetector when φ is small, the spectrum of Cerenkov light will be attenuated 
differently depending on the beam angle. 
The day to day variations of the air core system are shown in Figure 3.19. The 
measured dose on day 1 deviated from the actual delivered dose in a range of 0.9% to 3.8%, 
with an average deviation of 1.4% when the calibration obtained on subsequent days is used. 
The day to day variation of the air core system is lower as spectral variations in the Cerenkov 
light signal do not affect the calculated dose, as it does in the spectral discrimination system. 
Additionally, the sensitivity of the PMT has less day to day variation than the colour camera. 
Changes in the overall attenuation will still contribute to the day to day variations of the air 
core system.  
For clinical applications such as in vivo dosimetry, where there is usually no 
opportunity for a reference exposure for calibration purposes, further improvement is required 
for both the spectral discrimination and air core systems. In contrast, both systems can 
accurately measure relative dose, such as beam output factors and percentage depth dose, in 
which a normalization step is carried out in the same session. A possible means of reducing 
the day to day variation is to hardwire the optic fibre within a fixed conduit leading from the 
treatment bunker thereby reducing variations in the fibre attenuation. An alternative is to 
incorporate a self-calibration mechanism to measure the daily variations in fibre attenuation 
(Yin et al 2008). 
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Figure 3.19 The dose measured using air core system for a single 10 s exposure 
using the spectral calibration coefficients obtained on subsequent days. Results are 
normalized to the day 1 result. 
 
3.6 In-fibre spectral discrimination system 
Although the colour camera used in the spectral discrimination system is the simplest 
implementation of the spectral discrimination method of Cerenkov elimination, the sensitivity 
is lower than that of a monochromatic camera, a photodiode or a PMT. Table 3.1 shows that 
long acquisition times are required with the colour camera to achieve an acceptable level of 
precision despite the use of a larger scintillator. In order to achieve lower measurement 
uncertainty by integrating the spectral discrimination method with a faster, more sensitive 
photodetector, a novel modified approach, the in-fibre spectral discrimination system, was 
designed, constructed and tested. 
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3.6.1 Materials and method for in-fibre spectral discrimination system 
The in-fibre spectral discrimination system uses an inline 50-50 Y-splitter in the 
extension PMMA fibre with custom made colour filters to provide separation of the green and 
blue spectral regions (Figure 3.20 and Figure 3.21). The in-fibre system allows spectral 
discrimination to be performed with the same PMT photodetector as the air core system, 
while maintaining a simple optical setup. The halving of the light signal caused by the splitter 
and additional attenuation introduced by the colour filters are overcome by the sensitivity of 
the PMT photodetector. The increased sensitivity also allows the use of a smaller cylindrical 
scintillator of 1 mm in length and 1 mm in diameter (0.8 mm3 in volume), which is the same 
size as that used in the air core system. All other components are identical to those used in the 
spectral discrimination system based on the colour camera. 
The performance of the in-fibre spectral discrimination system was evaluated by 
exposing it to the 6 MV photon beam of a Varian Novalis linear accelerator. The 1 mm 
detector was placed at the centre of the radiation field and exposed at a dose rate of 600 MU 
min-1. Unless otherwise described, the reproducibility, beam output factors and percentage 
depth dose and day to day reproducibility were measured in the same manner as described in 
Section 3.4. 
 
 
Figure 3.20 Schematic diagram of the in-fibre spectral discrimination system. The 
extension fibre (approximately 15 m in length) carries the signal out of the 
treatment bunker. A Y-splitter divides the signal into halves, one for measuring the 
intensity of the signal in the green spectral region and the other for measuring the 
intensity in the blue spectral region. 
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Figure 3.21 Photograph of the dosimeter, the in-fibre splitter and the two in-fibre 
optical filters. 
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3.6.2 Results for the in-fibre spectral discrimination system 
The measurement uncertainty for the in-fibre spectral discrimination system was 
reduced as a consequence of replacing the CCD camera with a PMT. The total measurement 
uncertainty obtained with the in-fibre spectral discrimination system is 0.7% for a 10 s 
acquisition of 100 MU, which is similar in magnitude to the measurement uncertainty of the 
air core system. 
 
 
 
Figure 3.22 Relative output factors measured by the air core system, in-fibre 
spectral discrimination system and a PTW Semiflex ionization chamber at a depth 
of 50 mm and a SSD of 95 cm. Both systems incorporated a 1 × 1 mm scintillator. 
The error bars are determined from the measurement uncertainty of the 
photodetector. 
Chapter 3 – Elimination of Cerenkov Radiation  
 
 56 
 
Figure 3.23 Percentage depth dose measured by the in-fibre spectral discrimination 
system and a Semiflex ionization chamber in water. The error bars are determined 
from the measurement uncertainty of the photodetector. 
The beam output factors and percentage depth dose measured with the in-fibre spectral 
discrimination system are shown in Figure 3.22 and Figure 3.23 respectively. Both 
measurements agree with the ionization chamber within measurement uncertainty. This 
demonstrates that the in-fibre spectral discrimination system accurately separates the 
Cerenkov light signal from the scintillation signal. 
The day to day reproducibility of the in-fibre spectral discrimination system was tested 
in the same manner. Over 6 days, the measured dose using the calibration from day 1 deviated 
from the actual delivered dose by an average of 3.3%. This is an improvement over the day to 
day reproducibility obtained with the original spectral discrimination system with a CCD 
camera (an average of 9.4%). The improvement can be directly attributed to the PMT’s higher 
sensitivity and its lower dark current relative to the Apogee CCD camera. CCD sensors also 
have a strong dependence on temperature, leading to variations in day to day measurements 
(Cartwright et al 2010). 
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3.7 Discussion 
From the results shown, all three plastic scintillation dosimetry systems are able to 
satisfactorily deal with the Cerenkov background problem for a wide range of measurements 
and irradiation conditions. Both spectral discrimination systems subtract the Cerenkov signal 
mathematically, while the air core system ensures that it is not generated in the primary beam. 
Clear distinctions in the implementation of these two approaches provide a basis for selection 
of the particular approach for a given clinical task. 
The adaptation of the spectral discrimination method with the more sensitive PMT 
readout showed improved measurement uncertainty and acquisition speed. However, the 
method is still vulnerable to changes in day to day reproducibility due the variability in the 
calibration process. The calibration process may also be problematic for multiple dosimeters 
in an array. The process could become unwieldy because the optical pathway of each 
dosimeter would need to be independently calibrated, including the coiled fibre in the large 
field exposure. Although this is not an in-principle difficulty, it is likely to affect the clinical 
acceptability of the system. Conversely, the calibration process for the air core system is 
simple and almost identical to the calibration of other dosimeters typically used in radiation 
therapy clinical practice. 
In external beam treatments, the use of either dosimeter system for pre-treatment 
verification in phantoms is not affected by the dosimeter’s mechanical flexibility. However, 
for in-vivo dosimetry, the flexibility of the fibre optic dosimeter used in the spectral 
discrimination system gives it an advantage as compared to the rigid air core light guide. 
However in many cases, in-vivo dosimeters are embedded in applicators which would provide 
protection and support to the dosimeters. In order to make recommendations for the optimum 
dosimetry technique for various clinical situations, the strengths and weaknesses of each need 
to be considered. To assist in this process, Table 2 is a summary of the key findings of this 
Chapter. 
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Table 3.2 A summary of the strengths and weakness of each of the two systems 
and their suitability for various clinical situations. 
Method Spectral Discrimination Air Core 
Photodetector CCD PMT PMT 
Dosimetric Accuracy Moderate 
Agrees with ionization 
chamber to 2.5% 
Excellent 
Agrees with ionization chamber to 0.7% 
Acquisition Speed Long 
6 s required for 1% 
reproducibility 
Short 
0.5 s required for 1% reproducibility 
Angular Dependence 
(Photons,  
50° < φ < 180° ) 
Photon Beam: Moderate 
Up to 6% deviation 
Photon Beam: 
Moderate 
Up to 4% deviation 
Angular Dependence 
(Electrons, 
20° < φ < 110°) 
Electron Beam: Poor 
Up to 12% deviation 
Electron Beam: 
Excellent 
Within 2% deviation 
Calibration 
Complexity 
Moderate 
Exposure under two physical conditions and 
mathematical processing 
Simple 
Standard calibration 
procedure 
Dosimeter Flexibility Good 
50 mm radius of curvature acceptable 
Poor 
Rigid light guide 
    
Suitability for in-vivo 
measurement 
Good 
Flexible, but limited by 
acquisition time 
Excellent 
Flexible dosimeter 
Moderate 
Requires rigid 
applicator 
Suitability for 
phantom studies 
Excellent 
Suitability for  
IMRT patient plan 
verification 
Moderate 
Limited by acquisition 
time 
Good 
May be limited by 
angular dependence 
Excellent 
Fast acquisition 
possible 
Suitability for array 
dosimetry 
Challenging 
Separate calibration process for each dosimeter 
element 
Moderate 
Multiple PMT detectors 
required 
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3.7 Summary 
In this chapter, the performance of two methods for dealing with the challenge of the 
Cerenkov background signal in plastic scintillation dosimetry are compared. The results show 
that the spectral discrimination system and the air core system are both capable of correctly 
dealing with Cerenkov radiation, to enable the accurate measurement of percentage depth 
dose and output factors. The photodetector greatly affects the overall measurement 
uncertainty that can be achieved with each method and a new in-fibre spectral discrimination 
system was constructed and tested to take advantage of the fast and accurate readout of 
photomultiplier tubes. All three dosimetry systems were found to have inconsistencies in their 
day to day calibration caused by attenuation in the optic fibre. Furthermore, practical features 
of each system such as the calibration process and dosimeter ﬂexibility were found to affect 
the clinical applicability of each system. 
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4) 4 
CHAPTER 4 
Measurement and subtraction 
of the residual Cerenkov signal 
 
An air core waveguide transports scintillation light from the scintillator away from the 
primary megavoltage beam. At the distal end of the air core waveguide, the scintillation light 
is then captured by a conventional plastic optic fibre located outside the primary beam that 
leads to the photodetector. Although the plastic optic fibre is not directly irradiated by the 
beam, scattered electrons outside the primary radiation field will possess enough kinetic 
energy to generate a Cerenkov signal. This signal, termed the residual Cerenkov signal, needs 
to be quantified and subtracted in order to accurately measure dose. 
The residual Cerenkov signal has a smaller intensity per unit length of optic fibre than 
the Cerenkov signal that would have been generated within the primary beam, termed the 
primary Cerenkov signal. However, like the primary Cerenkov signal, the residual Cerenkov 
signal is highly dependent on the physical irradiation conditions 
In this chapter, we report on two novel techniques for residual Cerenkov removal. The 
first technique uses a mechanical shutter. A prototype of the mechanical shutter was 
constructed and tested under radiation to assess the dosimetric accuracy. The second 
technique uses a twisted pair of optic fibres that improves upon the parallel optic fibre pair 
used in Chapter 3. We develop a mathematical treatment to determine the effect that the twist 
periodicity has on the Cerenkov signal generated in the fibre pair. We then use the 
mathematical treatment to determine the twist periodicity that gives the required dosimetric 
accuracy. The performance of a prototype twisted pair was then evaluated for common 
dosimetric measurements. 
4.1 Generation and properties of residual Cerenkov light 
The residual Cerenkov light signal in an optic fibre outside the primary radiation field 
is generated by a combination of scattered radiation and radiation leakage from the linear 
accelerator head. The magnitude of the residual Cerenkov signal is much smaller than the 
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magnitude of the primary Cerenkov signal. For example, in a 6 MV X-ray beam with a field 
size of 100 mm × 100 mm with full scatter conditions, the residual Cerenkov signal generated 
in an optic fibre located 100 mm from the isocentre is approximately 0.5% of the primary 
Cerenkov signal generated in an optic fibre located at the isocentre. 
Like the primary Cerenkov signal, the residual Cerenkov signal is strongly dependent 
on the field size. Figure 4.1A shows that as the position of the collimator jaws change, to 
define square fields ranging from 5 to 30 mm in width, the residual Cerenkov signal changes 
in magnitude by over 20%. However, Figure 4.1B shows that where the field size is defined 
by stereotactic cones and the collimator jaws remain stationary at 50 mm × 50 mm, the 
residual Cerenkov signal is almost constant over a similar range of field sizes. This 
demonstrates that the position of the jaws has a strong influence on the magnitude of the 
residual Cerenkov signal and implies that a large portion of the residual Cerenkov signal is 
generated by radiation scattered from the collimators. 
 
Figure 4.1 The magnitude of residual Cerenkov light generated in a blind optic 
fibre of length 15 m located 100 mm from the isocentre of 6 MV X-ray radiation 
field produced by a Varian Novalis linear accelerator. The residual Cerenkov 
signal (normalized to the largest field) shows a strong field size dependence in the 
case of fields defined by the collimator (A), but not when the field size is defined 
by stereotactic cones and the collimator remains stationary (B). 
The residual Cerenkov signal is also highly dependent on the distance of the optic fibre 
from the field edge. The dose rate as a function of the distance from the field edge was 
measured with a PTW Farmer ionization chamber (Type 30013, 0.6 cm3, PTW-Freiburg, 
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Germany) placed on the treatment couch and moved away from the isocentre of a 6 MV X-
ray radiation field 40 mm in width produced by a Varian Novalis linear accelerator. The 
residual Cerenkov signal induced in an optic fibre at the same locations, was also measured 
using a single blind optic fibre moved away from the isocentre. The results are shown in 
Figure 4.2, which demonstrates that both the dose and residual Cerenkov signal fall 
exponentially as the distance from the field edge increases. 
 
Figure 4.2 The normalized dose rate measured with an ionization chamber and the 
induced residual Cerenkov signal measured with a blind optic fibre as a function of 
x, the distance from the isocentre. Measurements have been normalized at x = 0, a 
point 100 mm from the isocentre where a conventional optic fibre would begin in 
an air core dosimeter. The location of x = 0 is shown in Figure 4.9. The curve of 
best fit to the dose rate (Equation 4.3) is shown in red. 
The residual Cerenkov signal generated in the optic fibre can be reduced by placing 
shielding material over the plastic optic fibre in the region nearest to the field. Figure 4.3 
shows the residual Cerenkov signal generated in an optic fibre located 100 mm from the 
isocentre of a 6 MV X-ray field. Small thicknesses of a water equivalent bolus (SuperflabTM, 
CNMC Company, Tennessee, US), which would usually have little shielding effect or cause 
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build-up within the primary beam, can reduce the magnitude of residual Cerenkov by almost 
a half. However, the residual Cerenkov signal cannot be entirely eliminated with shielding, 
even with lead shielding comprising of 50 mm blocks. This suggests that the radiation 
generating the residual Cerenkov signal consists of both a low energy component of scattered 
radiation, which can be easily shielded, as well as a high energy component caused by head 
leakage, which cannot be easily shielded. 
 
Figure 4.3 Reduction of the residual Cerenkov signal through shielding of the optic 
fibre outside the primary beam, normalized to the residual Cerenkov signal 
generated in an unshielded optic fibre. Layers of bolus, lead sheets and 50 mm 
lead blocks were used to shield the optic fibre. 
4.2 Existing methods of residual Cerenkov signal subtraction 
Two methods are described in the literature for the measurement and subtraction of the 
residual Cerenkov signal. The first is the removal of the scintillator, which is then followed 
by a second irradiation to measure only the residual Cerenkov signal (Lambert et al 2008). 
The second method is the use of a parallel background fibre located adjacent to the signal 
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fibre (Lambert et al 2010), as implemented in Chapter 3 (Figure 3.8). Both of these methods 
require improvement for use in a clinical environment. 
4.2.1 Scintillator removal method 
 The removal of the scintillator is an accurate method to measure and subtract the 
residual Cerenkov. In this method, two irradiations are performed. In the first irradiation, the 
air core dosimeter is irradiated and the total signal, which includes the scintillation signal and 
residual Cerenkov signal, is recorded. Prior to the second irradiation, the air core dosimeter is 
removed and replaced with a light proof cap, leaving only the optic fibre extension, shown in 
Figure 4.4. A second irradiation is performed that contains only the residual Cerenkov signal. 
The scintillation signal, and therefore the dose, can then be calculated by subtraction. 
 
Figure 4.4 A schematic diagram showing the two configurations for the 
subtraction of residual Cerenkov using the scintillator removal method, where the 
air core dosimeter is replaced with a lightproof cap. 
 The scintillator removal method has the advantage that the same photodetector is 
used for both irradiations, negating detector sensitivity as a potential source of measurement 
uncertainty. The disadvantage of this technique is that the air core must be carefully removed 
so that the optic fibre extension is not moved between the two irradiations. While the dose 
gradient outside the field is low, a change in the location of the optic fibre extension may 
result in a change in the residual Cerenkov light generated during the second irradiation, 
causing an error in the calculated dose. The scintillator removal method also requires two 
irradiations for each measurement, which increases the overall measurement time. 
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4.2.2 Background fibre method 
 The second method to quantify and subtract the residual Cerenkov is to use a second 
blind fibre, the background fibre, located immediately adjacent and running parallel to the 
optic fibre that is connected to an air core dosimeter and transports the scintillation signal, the 
signal fibre. The advantage of using the background fibre compared to the scintillator 
removal method is that only a single irradiation is required for each measurement. This 
method was used to make air core measurements in Chapter 3 and is shown in Figure 3.8. The 
results in Chapter 3 show that the background fibre method is accurate in most irradiation 
conditions. However, in some situations, in particular for the angular dependence 
measurement in Figure 3.15, the magnitude of the residual Cerenkov signal generated in the 
background fibre and in the signal fibre are not equal, resulting in errors in the measurement 
of dose. 
 
Figure 4.5 The percentage difference in the magnitude of the residual Cerenkov 
signals generated in a pair of parallel optic fibres as a function of the beam angle. 
A gantry angle of 0o represents irradiating the optic fibres from above, orthogonal 
to the axis of the fibre pair. 
In order to quantify this effect, a pair of blind parallel optic fibres without a scintillator 
was placed 150 mm from the isocentre and irradiated with 6 MV X-ray field, 50 mm × 50 
mm in size. Figure 4.5 shows the percentage difference between the residual Cerenkov 
signals generated in the two fibres as a function of the beam angle. At certain beam angles, 
the difference between the residual Cerenkov signals can be up to 30%, which could 
potentially cause a large error in the measured dose if the size of the residual Cerenkov signal 
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is high relative to the scintillation signal. This suggests that the background fibre method is 
not suitable for complex irradiations such as those used in VMAT. 
4.3 Mechanical shutter 
 The scintillator removal technique quantifies the magnitude of the residual Cerenkov 
light with a second irradiation in the absence of the scintillation signal. This method is only 
accurate if the irradiation conditions in each of the two measurements are identical. However, 
the act of removing the air core dosimeter has the potential to disturb the geometric 
relationship of the extension fibre with the radiation field. The scintillator removal method 
can be improved by the implementation of a mechanical shutter that is designed to interrupt 
the optical pathway between the scintillator and the photodetector. This allows the residual 
Cerenkov signal to be measured without the need to remove the scintillator and thus 
eliminating the possibility of introducing additional uncertainties. 
 
Figure 4.6 A schematic diagram of the mechanical shutter used to interrupt the 
optical pathway between the scintillator and the photodetector. 
 The mechanical shutter is placed between the air core dosimeter and the extension 
fibre, as shown in Figure 4.6. When the shutter is in the open state, light from the scintillator 
is able to couple into the extension fibre. When the shutter is moved to the closed state, a 
lightproof leaf moves to blocks the light signal. A second irradiation can then be made where 
only the residual Cerenkov light is detected. The mechanical shutter is designed to be 
operated remotely, allowing measurements to be made faster and ensuring that no physical 
movement of the irradiation setup is required. 
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4.3.1 Manufacture of mechanical shutter 
 
Figure 4.7 Photograph of the interior of the mechanical shutter in its open state 
showing its components. 
 The mechanical shutter consists of a lightproof Perspex housing which contains a 
copper leaf to block the scintillation light, shown in Figure 4.7. The leaf is connected to a pair 
of solenoid driven linear actuators that alternately push and pull the leaf when the shutter is 
activated. The leaf contains a 1 mm aperture that aligns with the optical pathway when the 
shutter is set to its open state and is offset by 6 mm when the shutter is set to its closed state. 
On both sides of the shutter housing are standard FC type optic fibre connectors that allow 
existing air core dosimeters and extension fibres to be interfaced without the need for 
modifications. The shutter was operated by a 24 V power supply and physical switch located 
outside the treatment bunker. 
4.3.2 Irradiation conditions 
To test the mechanical shutter, an air core dosimeter with a 1 × 1 mm cylindrical 
scintillator was connected to the mechanical shutter and irradiated under a 6 MV X-ray beam 
produced by a Varian Novalis linear accelerator. The beam output factors in solid water were 
measured for field sizes from 50 mm × 50 mm to 100 mm × 100 mm. For all measurements, 
the dosimeter was irradiated with 100 cGy at a dose rate of 600 MU min-1, where 1 MU 
delivers 1 cGy to the center of 100 mm × 100 mm radiation field at a SSD of 98.5 cm and a 
depth of 15 mm in water. Measurements were made by irradiating the dosimeter with the 
shutter in the open state, followed immediately by a second irradiation with the shutter in the 
closed state to quantify the residual Cerenkov signal. Results obtained with the mechanical 
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shutter were compared to the same measurements made with the scintillator removal method 
and to a PTW Semiflex ionization chamber (volume 0.125cm3). 
4.3.3 Mechanical shutter results 
Figure 4.8 shows the beam output factors measured with the mechanical shutter 
compared to those obtained with the scintillation removal method. The output factors 
measured using the scintillation removal and mechanical shutter methods agreed with to 
ionization chamber to within 0.96% and 0.29% respectively. This demonstrates that the 
mechanical shutter can accurately quantify and subtract the residual Cerenkov signal. 
 
 
Figure 4.8 Beam output factors measured with an air core dosimeter and 
mechanical shutter compared to the scintillator removal method and an ionization 
chamber. The error bars represent combined from the measurement uncertainty of 
the photodetector and Cerenkov subtraction calculations. 
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The presence of the mechanical shutter causes a 16% average decrease in the 
scintillation signal measured by the photodetector. This was attributed to the air gap 
introduced between the air core waveguide and the extension fibre to accommodate the leaf in 
the closed position. However, the benefits of using the mechanical shutter, which eliminates 
errors arising from the need the remove the dosimeter, outweigh this additional light 
attenuation. 
4.4 Twisted pair optic fibre 
Figure 4.5 shows that a parallel background fibre may not accurately estimate the 
residual Cerenkov signal generated in the signal fibre for all irradiation configurations. The 
difference in the residual Cerenkov signal generated in the two fibres in certain configurations, 
for example with beam angle, can be attributed to a combination of four geometric factors: 1) 
the amount of scattered radiation at the location of one fibre is not the same as that at the 
location of its partner; 2) at certain beam angles, one fibre is closer to the radiation source 
than its partner, 3) at certain beam angles, one fibre shields its partner from low energy 
scattered electrons or 4) at certain beam angles, one fibre acts as build up material for the 
partner fibre. 
These geometric factors can be negated by replacing the parallel pair of optic fibres 
with a twisted pair optic fibre. The twisted pair optic fibre consists of a pair of identical optic 
fibres (the signal fibre and the background fibre) that have been twisted to form a double 
helix and encased within a single cladding (Figure 4.12), although not so intimately in contact 
that light is transferred between fibres. The twisted pair method has the same advantage as the 
parallel background fibre method in that it does not require a second irradiation to quantify 
the residual Cerenkov signal. However, unlike the parallel background fibre method, the two 
fibres in the twisted pair experience, on average, the same radiation environment. 
A twisted pair is a commonly used technique in electronics to reduce electromagnetic 
interference and crosstalk (Bell 1881, Shenfeld 1969). A twisted pair of optic fibres has been 
used in a range of chemical sensors (El-Sherif and Zemel 1985, Smela and Santiago-Aviles 
1988) that make use of the increased optical coupling between fibres when they are twisted 
together. To our knowledge, a twisted pair of optic fibres has not previously been 
implemented for radiation induced background removal or in radiation dosimetry. 
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4.4.1 Theory and mathematical model 
 
Figure 4.9 (A) Cross-section of a twisted pair with radius r in the yz axis with 
radius r and (B) the geometric arrangement of a twisted pair with pitch distance h 
and length L under irradiation. 
 To successfully account for the residual Cerenkov background in the signal fibre, the 
residual Cerenkov signal generated in the two fibres must be identical in magnitude 
regardless of irradiation conditions. To achieve this, the twisted pair needs to be 
manufactured with a twist periodicity that is matched to the maximum local dose gradient 
likely to be experienced by the fibres. The optimal periodicity in a given dose gradient can be 
determined mathematically as follows. 
The periodicity of a twisted pair can be expressed as  
 
θ (x) =
2π x
h , (4.1) 
where x is the distance along the axis of the twisted pair in metres, θ is the angular 
displacement of the fibre in radians (shown in Figure 4.9A) and h is the pitch distance in 
meters, defined as the distance along the x axis for a complete twist (whereby θ is an integer 
multiple of 2π). The origin of x is located where the twisted pair terminates and couples into 
an air core waveguide, defined in Figure 4.9B as a point 100 mm from the centre of the 
radiation beam. 
At each angle θ, the residual Cerenkov background in each of the two fibres will differ 
as a result of the four geometric factors described above. The relation between this percentage 
difference, I, and θ was measured and is shown in Figure 4.5. The percentage difference 
between the signal of the two fibres has a sinusoidal dependence on the beam angle of the 
form 
Chapter 4 – Measurement and subtraction of the residual Cerenkov signal 
 
 73 
 I(θ ) = zsinθ , (4.2) 
where z = 0.30 from Figure 4.5. 
 The dose rate as a function of position outside the primary beam, G(x), can be 
calculated from measurements shown in Figure 4.2. The exponential line of best fit in Figure 
4.2 approximates the dose rate, G(x), with the formula 
 G(x) = 0.073(x + 0.1)
−1.14
. (4.3) 
By multiplying the attenuation function, I(x), by the dose rate function, G(x), the 
percentage difference in the residual Cerenkov background generated in the two fibres, P(x), 
can be calculated for any point x (Figure 4.10) 
 
P(x) = I(x)G(x)
= 0.30sin 2π x
h
⎛
⎝⎜
⎞
⎠⎟
⋅0.073(x + 0.1)−1.14
. (4.4) 
The total percentage difference over an optic fibre of length L is therefore the integral 
 
P(x) dx
0
L
∫ = 0.30sin
2π x
h
⎛
⎝⎜
⎞
⎠⎟
⋅0.073(x + 0.1)−1.14 dx
0
L
h
⎢
⎣⎢
⎥
⎦⎥
h
∫
. (4.5) 
Note that the upper limit of the integral is the value of L rounded down to the nearest 
length that contains an integer number of complete twists. This ensures that incomplete twists 
are not included in the integral. In the example shown in Figure 4.10, the total percentage 
difference over the length shown is 0.24%. The value of L itself is arbitrary as long as it is 
large enough to exceed the area of highest dose gradient. 
The effect of the periodicity of a twisted pair on the dosimetric accuracy can be 
demonstrated by plotting the integral of P(x) (Equation 4.4) as a function of pitch distance h 
(Figure 4.8B). Figure 4.11 shows that for a pitch distance of 40 mm, a total difference of 
0.15% in the magnitude of Cerenkov radiation generated in the two fibres can be expected. 
The smallest pitch that can be practically achieved with the optic fibres is 40 mm, due to the 
stiffness of the protective sheath. 
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Figure 4.10 The percentage difference in the residual Cerenkov background 
generated in the two fibres of a twisted pair as a function of distance x. The curve 
is a plot of P(x) in Equation 4.4 for h = 0.06 m. 
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Figure 4.11 The total percentage difference in the residual Cerenkov background 
induced in the two fibres of a twisted pair as a function of the pitch distance (h). A 
length of L = 3 was used in the calculations. 
 
4.4.2 Manufacture of twisted pair optic fibre 
The fibre helices were constructed to have an identical periodicity and radius and with 
both fibres terminating at the same distance from the scintillator (Figure 4.12). The polished 
surfaces at the proximal ends of the fibres (closest to the scintillator) were made to be as 
similar as possible, to ensure that an equal amount of Cerenkov light is reflected back towards 
the photodetector. The prototype twisted pairs were manufactured with pairs of Raytela 
PMMA fibre, 1 mm in diameter (Toray Industries, Japan). The twisted pair was constructed 
by twisting two optic fibres into a double helix. As shown in Figure 4.13, the plastic cladding 
that covers each fibre is not removed in order to negate the potential for optical crosstalk 
between the two fibres. The twisted fibres are inserted into Teflon heat shrink tubing and 
heated until the fibres were held in place and unable to untwist. 
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Figure 4.12 A schematic diagram of the twisted pair extension fibre with a plastic 
scintillator; an air core waveguide and twisted signal fibre and background fibre. 
Photomultiplier tubes, with relative sensitivity k, act as the photodetectors for each 
fibre. 
 
 
 
Figure 4.13 Photograph of a constructed twisted pair optic fibre extension. The 
pair of optic fibres is held in place using Teflon heat shrink. 
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4.4.3 Manufacture of twisted pair connector 
The use of a twisted pair optic fibre requires a specialized optic fibre connector to 
interface with the air core dosimeter. The twisted pair connector was designed to be identical 
to the conventional FC connector on the dosimeter side, allowing the same air core 
dosimeters to be used. The fibre side of the connector was modified to hold two optic fibres 
rather than a single optic fibre. When the air core dosimeter is attached to the twisted pair 
connector, the signal fibre of the twisted pair is aligned with the distal end of the air core 
waveguide. The background fibre of the twisted pair is located directly adjacent the signal 
fibre, but the connector is designed to prevent all light (either from the scintillator or ambient 
light) from entering the background fibre. 
The design shown in Figure 4.14 was achieved by combining two connector sections 
with different designs. The dosimeter side of the connector consists of one half of the 
conventional FC connector. The fibre side of the connector, Figure 4.15, was custom 
designed using Sketchup (Trimble Navigation Limited, California, US) and manufactured in 
ABS plastic using a 3D printer (Up Plus, PP3DP, Beijing, China). The two sections of the 
connector are joined by an O-ring (taken from the original FC connector) and held in place 
with light-proof glue. The connector design is both light-proof and water-proof and therefore 
can be used in a water tank and in normal lighting conditions. 
 
Figure 4.14 Photograph of a twisted pair, covered in Teflon heat shrink inserted 
into a twisted pair connector. The twisted pair connector was constructed by 
attaching one half of a standard FC connector to the 3D printed connector from the 
model in Figure 4.15. 
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Figure 4.15 The 3D model of the fibre side of the twisted pair connector. The 
conventional FC connector is glued to the top of the model, while the twisted pair 
optic fibres are inserted into the connector from below. 
4.4.4 Determination of relative sensitivity 
The relative sensitivity of measurements in the signal fibre to that of the background 
fibre (k) needs to be determined to allow the residual Cerenkov signal to be subtracted. The 
relative sensitivity is primarily determined by the difference in optical detection properties of 
the two channels of the photodetector (in this case, the two channels in the PMT array system 
that will be described in Chapter 7). Differences between the polished surfaces at the distal 
end of the two optic fibres will change the relative optical transmission efficiency of the 
fibres and also contribute to the sensitivity differences between the two channels. 
When the air core dosimeter and twisted pair are irradiated, the light signal measured in 
the signal fibre Rs and the background fibre Rb will be given by: 
 
Rs = a (D + Cs )
Rb = bCb   , (4.6) 
where D is the magnitude of light signal from the scintillator corresponding to the dose 
delivered, Cs and Cb are the magnitude of Cerenkov light generated by scattered radiation in 
the signal and background fibres respectively and a and b are constants related to the 
sensitivity of the channels. 
The value of k (the ratio of a to b) is determined by replacing the air core dosimeter 
with a light-proof cap (as used in Figure 4.4) and measuring the magnitude of Cerenkov light 
in each fibre. In this situation, the value of D in Equation 4.6 is 0, and with the assumption 
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that Cs = Cb, Equations 4.6 can be solved simultaneously for k. Once the relative sensitivity, k, 
has been determined, the dose in subsequent irradiations can be calculated with the equation: 
 a ′D = ′Rs − k ′Rb  , (4.7) 
where a is the dosimeter’s calibration coefficient. The coefficient a can be determined by 
irradiating the dosimeter with a known dose for absolute dose measurements or it can be 
ignored for relative dose measurements. 
4.4.5 Irradiation conditions 
The performance of the twisted pair extension fibre was evaluated with the same 
irradiation conditions described in Section 4.3.2. For all measurements, 100 MU were 
delivered at a dose rate of 600 MU min-1. The light signal from the each of the two fibres was 
measured with two channels of a PMT array system. The signal was measured by integrating 
charge accumulated by the PMTs over the 10 s irradiation. 
In order to confirm that the two fibres in the twisted pair generate an identical 
magnitude of residual Cerenkov light under a range of irradiation conditions, a twisted pair 
without a scintillator coupled to either fibre (a blind twisted pair) was irradiated. The blind 
twisted pair (with h = 60 mm and r = 1.13 mm) was placed outside the primary beam, with 
both the terminated fibre ends at a distance of 150 mm from the central axis of a 100 mm × 
100 mm radiation field. To test the blind twisted pair for angular dependence, the gantry was 
rotated in both the azimuthal plane (where the angle between the beam central axis and the 
dosimeter axis was varied from 60o to 270o) and the axial plane (where the radiation beam 
was rotated about the dosimeter axis from 0o to 330o). 
The dosimetric performance of the air core dosimeter with a twisted pair extension 
(with h = 40 mm and r = 1.13 mm) was evaluated by measuring the beam output factors, 
tissue maximum ratio (TMR) and axial angular dependence. The air core dosimeter used with 
the twisted pair for these measurements consists of a cylindrical scintillator made from BC-
400 that is 1 mm in diameter and 1 mm in length, with a total sensitive volume of 0.8 mm3. 
The scintillator is coupled to an air core waveguide 1 mm in diameter and 120 mm in length. 
To measure the beam output factors, the air core dosimeter was set up isocentrically in 
a solid water phantom at a depth of dmax (15 mm) and 100 cm from the radiation source in full 
scatter conditions. The response of the dosimeter was measured for a range of square field 
sizes from 40 mm to 140 mm, defined by the primary collimator and compared to that 
measured by a PTW Semiflex ionization chamber (model 31002, 0.125 cm3). 
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The tissue maximum ratio (TMR) is defined as the ratio of absorbed dose at the 
reference depth of dmax (15 mm) relative to the dose at the same point with more overlying 
tissue or water. For TMR measurements, the air core dosimeter was set up isocentrically in a 
solid water phantom and additional solid water blocks were placed between the dosimeter and 
the radiation source to increase the depth. The TMR was measured for three different square 
field sizes (40, 100 and 140 mm in width) between the depths of 15 mm to 250 mm. Beam 
output factors and the tissue maximum ratio were compared to measurements obtained using 
a PTW Farmer ionization chamber. 
To measure the axial angular dependence, the air core dosimeter was placed at the 
centre of a cylindrical Perspex phantom with radius 15 mm and with the sensitive volume at 
the isocentre. The dosimeter was irradiated with a 40 mm × 40 mm radiation field and the 
gantry was rotated axially about the phantom in 30o increments. Measurements were 
compared to those taken with a PTW PinPoint ionization chamber in a cylindrical Perspex 
phantom of radius 20 mm. 
4.4.6 Twisted pair results 
Figure 4.16 and 4.17 show the difference in the residual Cerenkov signal generated in a 
blind twisted optic fibre pair as a function of beam angle. Without a scintillator coupled to 
either fibre, the ratio of the residual Cerenkov signals in the two fibres of the twisted pair, 
Cs/Cb, would ideally be 1 for all irradiation conditions. Figure 4.16 shows that the angular 
dependence in the azimuthal plane has a maximum deviation of 1.04% and an average 
deviation of 0.38%. Larger deviations from unity are observed in the axial plane (Figure 4.17), 
where the maximum deviation is 3.59% and the average deviation is 1.97%. The twisted pair 
has greatly improved performance in axial angular dependence compared to an untwisted pair 
of parallel fibres. An untwisted parallel pair was measured to have a maximum deviation of 
28.4% and an average deviation of 12.6% (Figure 4.5) under similar irradiation conditions. 
  
Chapter 4 – Measurement and subtraction of the residual Cerenkov signal 
 
 81 
 
 
 
 
Figure 4.16 The deviation in the ratio of the Cerenkov signal between the two 
fibres of a blind twisted pair (Cs/Cb), as a function of the azimuthal angle of the 
beam central axis relative to the dosimeter axis. A beam angle of 90o represents an 
irradiation of the blind twisted pair from above and 270o represents the beam 
coming from below. The error bars represent the measurement uncertainty of the 
photodetector. 
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Figure 4.17 The deviation in the ratio of the Cerenkov signal between the two 
fibres of a blind twisted pair (Cs/Cb), as a function of the axial angle of the beam. 
A beam angle of 0o represents irradiating the blind twisted pair from above, that is, 
θ = 0 at the position x = 0 for the geometric arrangement shown in Figure 4.9. The 
error bars represent combined from the measurement uncertainty of the 
photodetector and Cerenkov subtraction calculations. 
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Figure 4.18 Beam output factors measured with an air core dosimeter with a 
twisted fibre extension compared to measurements made with an ionization 
chamber. Measurements were taken isocentrically at a depth of 15 mm in solid 
water. The error bars represent combined from the measurement uncertainty of the 
photodetector and Cerenkov subtraction calculations. 
Figure 4.18 and Figure 4.19 demonstrate that the air core dosimeter provides accurate 
dosimetric performance when the twisted pair extension is used to subtract the residual 
Cerenkov signal. The beam output factors measured with an air core dosimeter, Figure 4.18, 
agree well with the ionization chamber, with a maximum local deviation of 0.38% and an 
average deviation of 0.25%. Figure 4.19 shows that the air core dosimeter with a twisted pair 
accurately measures TMR. For all three field sizes, the maximum local deviation from the 
ionization chamber is 2.06% and the average deviation of all measured points is 0.68%. 
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Figure 4.19 Tissue maximum ratio for three field sizes measured with an air core 
dosimeter with a twisted fibre extension compared to measurements made with an 
ionization chamber. 
Figure 4.20 shows the axial angular dependence as measured by an air core dosimeter 
with a twisted pair extension and by an ionization chamber. The ionization chamber has a 
maximum deviation of 0.50%, while the air core has a maximum deviation of 1.12% from the 
average of all measured angles. The air core dosimeter with a twisted pair has a systematic 
angular dependence that arises from the difference in the Cerenkov background signal in the 
two fibres as a function of the axial beam angle, shown in Figure 4.17. 
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Figure 4.20 The axial angular dependence of the air core dosimeter with a twisted 
pair extension compared to measurements made with an ionization chamber. A 
beam angle of 0o represents irradiating the dosimeter from above such that the 
twisted pair extension is at an angle θ = 0 at the position x = 0 for the arrangement 
in Figure 4.9. Measurements have been normalized to the average reading over all 
angles. The error bars represent 1 standard deviation of measurement uncertainty. 
The angular dependence of the twisted pair can be improved by a more precise 
manufacturing technique. In the prototype twisted pair, the pitch distance and the radius of the 
fibre helices are limited by a plastic sheath covering the individual optic fibres. The sheath is 
a light-proof protective cover and increases the total diameter of each fibre from 1.0 to 2.3 
mm. This sheath could be removed in future prototypes, which would reduce the pitch 
distance and radius that could be achieved and thus reduce the deviation of Cs/Cb in the 
twisted pair. A light-proof material would need to be added between the two fibres in this 
design to prevent optical cross-talk. 
The positioning of fibres in the most proximal section of the twisted pair extension is 
also crucial to the axial angular dependence of the dosimeter, as this is the region of highest 
dose gradient. For example, in the configuration of Figure 4.10, 47% of the total difference 
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between the two fibres is generated in the first twist (from x = 0 to x = 0.06). For optimal 
performance of the twisted pair extension, the twisting of the fibres must begin immediately 
at the interface between the air core waveguide and the optic fibre. Any length of parallel 
fibre at this interface will contribute to the axial angular dependence. 
4.4.7 Uncertainty analysis 
Two factors determine the uncertainty in the subtraction of residual Cerenkov using a 
twisted pair optic fibre. The first factor is the deviation from the assumption that Cs = Cb in 
Equation 4.6. Figure 4.20 shows that this is most likely to occur with changes in the axial 
beam angle. The second factor is ratio of the magnitude of scintillation light to the magnitude 
of residual Cerenkov light. This will be determined by the irradiation conditions, the volume 
of the scintillator (Archambault et al 2005), the length of the air core waveguide (Lambert 
2008) and the overall quality of optical coupling (Elsey et al 2007). 
Figure 4.21 shows the relationship between these two factors and resulting uncertainty 
in residual Cerenkov subtraction. As the ratio Cs/Cb deviates from unity, the measurement 
uncertainty increases linearly. However, as the scintillation to residual Cerenkov signal ratio 
becomes smaller, the measurement uncertainty increases exponentially. This means while the 
manufacture of the twisted pair is important, improvements in the generation and collection of 
scintillation light will have a much more substantial impact on the measurement uncertainty 
of the dosimeter. Figure 4.21 can be used as a guide in selecting the scintillator size for 
specific irradiation conditions. For example, for the maximum deviation of 3.59% measured 
in Figure 4.17, a scintillation signal to residual Cerenkov signal ratio of 3.75:1 would be 
required to achieve an uncertainty of 1% or better. A suitably sized scintillator and air core 
can be selected to achieve this ratio. 
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Figure 4.21 The measurement uncertainty in dose as a function of the ratio of 
scintillation signal to residual Cerenkov signal and the percentage deviation from 
unity in the twisted pair extension. The region in red represents an uncertainty of 
1% or better. 
4.5 Discussion 
As shown by the results in this Chapter, both the mechanical shutter and the twisted 
pair optic fibre represent accurate methods of quantifying the residual Cerenkov signal. The 
mechanical shutter is theoretically the most accurate method of measuring the residual 
Cerenkov signal. As the same photodetector and extension fibre are used, the residual 
Cerenkov signal should be identical in both the shutter open and shutter closed irradiations. In 
practice, however, the presence of the shutter alters the amount of residual Cerenkov signal 
measured. For example, the shutter leaf may shield the extension fibre when the shutter is in 
the closed state. The surface of the shutter, though made black in this prototype, may also 
reflect a different amount of light from the extension optic fibre back towards the 
photodetector. While these are potential sources of error, the dosimetric performance of the 
prototype mechanical shutter was not affected, as demonstrated by the results in Figure 4.8. 
The biggest disadvantage of the mechanical shutter is the need perform a second irradiation 
for each measurement. This could be overcome through the use of a high-speed signal 
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chopper. The signal chopper is a mechanical shutter synchronised to the photomultiplier tube 
to measure the total light signal and the residual Cerenkov light signal in rapid succession. 
The scintillation signal and the residual Cerenkov signal could be measured in the same 
irradiation, however, this method would add significant complexity to the dosimetry system 
as a whole. 
As only a single irradiation is required, the twisted pair optic fibre is a clinically viable 
method of residual Cerenkov signal subtraction. This method can also be used in other 
irradiation situations where an unwanted background signal is small compared to the optical 
signal being measured. For example, in the measurement of HDR brachytherapy dose, which 
typically uses an Ir-192 source, an air core waveguide is not necessary because the 
contribution of the Cerenkov signal is insignificant in practical configurations (Cartwright et 
al 2010, Therriault-Proulx et al 2011a, Therriault-Proulx et al 2011b). The scintillator is 
instead directly butt-coupled to the signal fibre (Lambert et al 2006). Should the Cerenkov 
signal be of concern (Kertzscher et al 2011), a twisted pair could be used to measure and 
subtract this background signal with a background fibre terminated directly adjacent to the 
interface between the signal fibre and the scintillator. 
While this Chapter has shown that the residual Cerenkov signal can be accurately 
accounted for in a robust manner, it is inevitable that its subtraction will be an additional 
source of measurement uncertainty to megavoltage measurements using the air core 
dosimeter. It was shown in Chapter 3 that the combined measurement uncertainty of the air 
core dosimeter, including subtraction of the residual Cerenkov signal, is of the same 
magnitude as the spectral discrimination method. However, Figure 4.21 shows the 
measurement uncertainty of the air core dosimeter is dependent on the ratio of the magnitude 
of the scintillation light to the magnitude of the residual Cerenkov light. 
Optimal performance of the air core dosimeter relies on the efficient collection and 
transportation of scintillation light. The ratio of scintillation light to Cerenkov light can be 
maximised by the careful preparation of all optical components and optical interfaces between 
the scintillator and the photodetector. The ratio can also be improved through the use of 
shielding. Figure 4.3 suggests that if a single or twisted pair extension optic fibre was 
permanently constructed within a layer of shielding, large reductions in the residual Cerenkov 
signal could be achieved. For example, a fibre that was embedded within a 5 mm water-
equivalent shield would have its residual Cerenkov signal reduced by over 30%. In addition 
to providing an inherent reduction in the overall measurement uncertainty, the shield would 
also provide additional rigidity and physical protection for the extension optic fibres. 
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4.6 Summary 
 In this chapter, two methods of quantifying and subtracting the residual Cerenkov 
signal are developed, tested and analysed. Prototypes of both the mechanical shutter and the 
twisted pair optic fibre were built and irradiated with an air core dosimeter under a range of 
irradiation conditions. Both methods were shown to provide an accurate measure of the 
residual Cerenkov signal as well as accurate measurements of dose. The optimal method of 
residual Cerenkov signal depends on the irradiation conditions, with the twisted pair optic 
fibre requiring only a single irradiation, while the mechanical shutter requires only a single 
photodetector. 
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5) 4 
CHAPTER 5 
Air core scintillation dosimeter 
for small fields 
 
The use of small and composite fields in radiotherapy treatments achieves dose 
distributions with improved tumour conformality and organ-at-risk avoidance. The 
widespread clinical adoption of small field treatments has been enabled by the recent 
advances in imaging, treatment planning and dose delivery technologies as well as specialized 
delivery units such as Cyberknife and Tomotherapy. 
Despite the extensive uptake of small field treatments, most commercially available 
detectors, such as diodes and ionization chambers, are not well suited to measuring the dose 
or its spatial distribution with sufficient clinical accuracy (McKerracher and Thwaites 1999). 
Under small field conditions, an incremental change in the field size can result in a large 
variation in the amount of dose deposited, increasing the measurement uncertainty compared 
to the dosimetry of larger fields (Aspradakis et al 2010). Furthermore, the use of non-water 
equivalent materials in the construction of current small field detectors can perturb the beam 
(Das et al 2008). Diode detectors, which are frequently used in small fields, have been shown 
to exhibit an over-response (Heydarian et al 1996, Haryanto et al 2002, Francescon et al 
2008) and require correction factors to convert the absorbed dose to the detector to the 
absorbed dose to water. These diode correction factors need to be obtained either through 
measurements with another detector (Lechner et al 2013) or with Monte Carlo (MC) 
simulations (Czarnecki and Zink 2013). Application of dosimeter correction factors, however, 
contributes additional uncertainty to the measurement. 
In this Chapter, we evaluate the performance of the air core dosimeter in small 
radiation fields by measuring the relative output ratio and comparing the values to those made 
with EBT2 film and those calculated by MC simulations. The air core dosimeter is assessed 
under a wide range of irradiation conditions and with three types of linear accelerators to 
verify that it is an accurate and robust clinical tool for small field dosimetry. The air core 
dosimeter was then used to characterize the behaviour of a range of diode detectors. Small 
field correction factors for these diodes are calculated by comparing their relative output 
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ratios with those measured with the air core dosimeter. The availability of diode correction 
factors allows institutions with the same linear accelerator and diode combinations to obtain 
more accurate beam parameters for their treatment planning systems. 
5.1 Challenges of small field dosimetry 
The relative output ratio is defined as the ratio of the absorbed dose measured at a point 
located at the isocentre for the given field, relative to the absorbed dose measured at the same 
point in the reference field. In large radiation fields, the relative output ratio decreases as the 
field size becomes smaller due to a reduced amount of both collimator and phantom scatter. 
When the width of the radiation field falls below 30 mm, the relative output ratio not only 
decreases due to the reduced amount of scattered radiation, but also due to the loss of charged 
particle equilibrium and the occlusion of the X-ray source. Accurate dosimetry under these 
conditions is further complicated by the effects of dosimeter volume averaging and 
potentially due to change to the beam energy spectrum. These phenomena are described 
below. 
5.1.1 Loss of charged particle equilibrium 
The maximum lateral range of secondary electrons is dependent on the beam energy as 
well as on the composition and density of the scattering medium. In high energy beams, the 
maximum lateral range of secondary electrons can become large compared to the width of the 
radiation field, in the special case of a small field. 
A small field is defined as a field where the lateral range of charged particles exceeds 
the size of the field, resulting in a loss of charged particle equilibrium (CPE) (Alfonso et al 
2008). Figure 5.1 illustrates how the loss of CPE occurs and how it causes a decrease in the 
dose delivered to a detector on the beam central axis. In a large radiation field, where CPE 
exists, secondary electrons that are leaving the detector volume through lateral scatter (in red) 
are balanced by secondary electrons entering the detector volume (in blue). When the radius 
of the field is small, the secondary electrons leaving the detector volume in the small field are 
no longer replaced. The net loss of secondary electrons causes a loss in CPE, a decrease in the 
dose deposited at the beam central axis and ultimately, a decrease in the relative output ratio. 
The shape of the beam profile and the width of the beam as defined by its FWHM are also 
affected by the loss of CPE. The beam radius at which a loss of CPE occurs in water has been 
calculated to be 13 mm for a 6 MV photon beam and 17 mm for a 10 MV photon beam (Li et 
al 1995). Similarly, Charles et al (2014) showed that fields smaller than 12 mm are 
significantly affected by the loss of CPE in a 6 MV beam and require detector corrections. 
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Figure 5.1 A schematic diagram showing the loss of CPE that occurs in small 
fields. In a large field, the number of secondary electrons exiting the detector 
volume (in red) are balanced by secondary electrons scattered laterally from 
outside the detector volume (in blue). In small fields where the lateral range of 
electrons exceeds the radius of the field, these electrons do not deposit their energy 
in the detector volume, resulting in a loss of CPE. 
A fundamental assumption in radiation dosimetry is that conditions of CPE are upheld. 
For example, the stopping power ratios used in large fields to convert the dose delivered to 
the ionization chamber’s air cavity to the dose delivered to water are not valid in the absence 
of CPE (Sanchez-Doblado et al 2003). The Bragg-Gray cavity theory, which states that the 
amount of ionization occurring within a detector can be equated to the energy absorbed in the 
surrounding medium in the absence of the detector also no longer holds true without CPE. 
Therefore, the detector’s cavity cannot be considered to be non-perturbing in small fields and 
the presence of the detector will affect the particle fluence in a manner that cannot be 
accounted for by the perturbation correction factors normally used in large fields (Das et al 
2008). 
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5.1.2 Source occlusion 
The bremsstrahlung photons that originate from the target of the linear accelerator and 
from the primary beam are not emitted as a point source but as an extended field of finite size. 
The size of this field (the focal spot) is defined by the FWHM of the exit profile of the 
bremsstrahlung photons. Figure 5.2 shows a large radiation field where the entire exit profile 
of the focal spot has a direct line of sight to the detector (in red). At very small collimator 
settings, however, part of the focal spot profile (in pale red) may be shielded from the point of 
measurement by the collimator. This process is known as source occlusion. When source 
occlusion occurs, the number of primary photons reaching the isocentre and hence the number 
of secondary electrons that will be generated is lower. A consequence of source occlusion is a 
decrease in the relative output ratio as a function of field size. The field size at which source 
occlusion occurs and the degree to which it occurs is dependent on the size of the focal spot, 
which is typically not greater than 5 mm on modern linear accelerators (Aspradakis et al 
2010). 
 
Figure 5.2 In a large field, the entire exit profile of bremsstrahlung photons from 
the target is visible to the detector, whose field of view is represented by the dotted 
lines. In small fields, part of the exit profile (in pale red) is shielded by the 
collimator resulting in a decrease in the dose deposited at the isocentre. 
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5.1.3 Volume averaging 
To form radiation fields below 30 mm in width, the two opposing jaws of the 
collimator are located close to one another and the resulting field is formed through the 
overlapping penumbra of each jaw (shown in Figure 6.1). As a result, the beam profile may 
not contain an area of uniform dose across the beam central axis in which a finite sized 
detector can measure the dose. Figure 5.3 shows the beam profile of a 4 mm stereotactic field 
of a Varian Novalis linear accelerator. The beam profile was measured with EBT2 film at a 
depth of 100 mm and normalized at the beam central axis. The film was scanned at 300 dpi, 
resulting in a spatial resolution of 85 µm. The profile illustrates that a uniform region of the 
field does not exist, even across the beam central axis. Each horizontal line indicates the 
theoretical volume averaging that would be exhibited by a range of detectors of different 
widths. Figure 5.3 demonstrates that even the smallest detectors will exhibit some degree of 
volume averaging. A detector with a width of 2 mm (shown in green), for example, will 
underestimate the dose delivered to the central axis by almost 3%. 
5.1.4 Changes to electron energy spectrum 
As a consequence of the loss of CPE in small fields, the energy spectra of small fields 
is dependent on the collimation method, the nominal beam energy and the irradiation 
conditions such as depth and SSD. In water, the number of low energy photons generated in 
the phantom decreases as the field size decreases. As a result, a larger portion of the dose 
deposited originates from high energy primary photons and the mean energy of the scattered 
photon fluence increases (Eklund and Ahnesjo 2010). This hardening of the radiation beam in 
small fields is more pronounced at lower megavoltage energies below 15 MV (Yin et al 
2004) and also more pronounced in stereotactic fields due to the large magnitude of scatter 
from the stereotactic collimator (Verhaegen et al 1998). The change in the beam energy 
spectrum affects the ratio of the mass collision stopping power of the detector cavity to that of 
water. This potentially adds further uncertainty to small field dose measurements, especially 
with dosimeters that are non-water equivalent. 
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Figure 5.3 The normalized dose profile of a 4 mm radiation field produced by a 
stereotactic cone on the Varian Novalis linear accelerator. The profile was 
measured using EBT2 radiochromic film. The horizontal lines and legend show 
the theoretical volume averaging exhibited by five examples of detectors with 
sensitive volumes of different widths. 
5.2 Detector response in small fields 
5.2.1 Effects of detector density 
 Unshielded diodes are commonly used for small field measurements because of the 
small dimensions of their sensitive volumes (as small as 0.6 mm in diameter). This negates 
the effects of volume averaging in all but the smallest fields. Despite their widespread 
adoption, current reports in the literature show that unshielded diodes over-respond in small 
fields, in particular in the measurement of beam output factors (Zhu et al 2000, Griessbach et 
al 2005, Sauer and Wilbert 2007, Warrener et al 2014, Hug et al 2015). Scott et al (2008) 
calculated the dose delivered by small fields to a range of real and theoretical materials by 
MC and showed that detector density has the greatest effect on diode over-response. 
Underwood et al (2013) has shown that detector density affects the mean path length of 
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charged particles and electrons in a detector’s sensitive volume, which can change its relative 
response in small fields. Figure 5.4 and Figure 5.5 illustrate the role that detector density 
plays in small field measurements and describe the mechanisms of diode over-response for 
beam output factor measurements. 
 
 
Figure 5.4 The dose measured in a radiation field consists of contributions from 
secondary electrons generated in the detector itself (in blue), from scatter in the 
buildup region (in red), from backscatter (in green) and from lateral scatter (in 
yellow). As the field size becomes smaller, the contribution from the lateral scatter 
approaches zero. 
Figure 5.4 shows schematically the different regions from which scattered secondary 
electrons will deposit dose to a detector of density ρ that is irradiated under full scatter 
conditions. In a conventional large field, shown in Figure 5.5A, the signal measured by the 
detector includes contributions from secondary electrons generated in the detector itself (in 
blue), from scatter in the buildup region (in red), from backscatter (in green) and from lateral 
scatter (in yellow). 
When the field size becomes small, the relative contribution from lateral scatter to the 
total signal approaches zero, as in Figure 5.5B. Although the total signal is lower as a result, 
the relative contributions from scatter in the detector itself, the buildup region and from back 
scatter remain unchanged. 
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Figure 5.5 Qualitative representations of the relative contributions of secondary 
electrons generated in the detector itself (in blue), from scatter in the buildup 
region (in red), backscatter (in green) and lateral scatter (in yellow) to the total 
dose (indicated by the total area of the pie). Four theoretical irradiations are 
compared with different combinations of large and small fields and high and low 
density (ρ) detectors. 
For a detector with a higher density (Figure 5.5C and Figure 5.5D), the higher mass 
attenuation coefficient increases the number of interactions within the detector itself. While 
the absolute magnitude of the buildup, backscatter and lateral scatter components may also be 
affected by the detector density, their combined contribution to the total signal will be smaller 
than with a low density detector. 
The relative output ratio is calculated by taking the ratio of the total reading measured 
in a smaller field to that measured in a larger reference field, represented by the areas of the 
pie charts in Figure 5.5. The ratio of readings for the low density detector is lower than that 
for the high density detector, due to the lower relative contribution of the lateral scatter 
component. This illustrates the mechanisms by which the detector density affects relative 
dose measurements and therefore why a high density detector such as silicon will over-
respond in small fields compared to a water equivalent detector.  
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5.2.2 Scintillation dosimeter response in small fields 
Scintillation dosimeters are well suited for measurements in small fields as the density 
of organic scintillators (ρPVT= 1.03 g cm-3) is close to that of water. This avoids the over-
response characteristic of high density detectors in small fields as described above. 
Furthermore, plastic scintillator detectors have been shown by Monte Carlo modelling to have 
minimal energy dependence of the dose deposited relative to water in the range between 100 
keV and 10 MeV (Naseri et al 2010, Wang et al 2010). As a result, scintillation dosimeters 
are close to a dosimetrically water-equivalent detector. 
Wang et al (2011) demonstrated using Monte Carlo that in fields as small as 10 mm in 
width, the ratio of the absorbed dose to the scintillator to that of water varied by less than 
0.5% for any orientation of the dosimeter axis with respect to the beam. As a result, the 
measurements from the air core dosimeter at these field sizes can be equated to the absorbed 
dose to water without the need for additional corrections. 
5.2.3 Diode correction factors in small fields 
Alfonso et al (2008) have proposed a small field formalism in order to account for 
changes in detector response in small field conditions. In such conditions, the relative output 
ratio (OR) of a clinical field fclin to that of a reference field fref measured by a particular 
detector is represented as the ratio of meter readings M: 
ORdetector =M
fclin
M fref
. (5.1) 
In small fields, the relative output ratio may not be equal to the beam output factor, defined as 
the ratio of absorbed dose to water between the two field sizes. That is: 
M fclin
M fref
≠ Dw
fclin
Dw
fref
 (5.2) 
where Dw denotes the absorbed dose to water in that field. Alfonso et al propose the use of a 
detector specific correction factor kQclin,Qmsr
fclin, fmsr , where fmsr denotes a machine specific reference 
field. Q denotes the beam quality of each beam and takes into account the possible changes in 
beam quality described in Section 5.1.5. The machine specific reference field is necessary 
because the largest field used in small field treatments is usually smaller than the standard 
reference field (for example, a circular field with diameter 60 mm in the case of 
CyberknifeTM). Furthermore, detectors that are customized for small field measurements, such 
Chapter 5 – Air core scintillation dosimeter for small fields 
 
 100 
as unshielded diodes, are not recommended for use in larger field sizes and a medium sized 
machine specific reference field can be used instead. The correction factor kQclin,Qmsr
fclin, fmsr  relates 
the measured relative output ratio to a field factor Ω: 
ΩQclin,Qmsr
fclin, fmsr =
MQclin
fclin
MQmsr
fmsr ⋅kQclin,Qmsr
fclin, fmsr  (5.3) 
The field factor Ω relates the absorbed dose to water for the machine specific reference 
field to that for the clinical field: 
Dw,Qclin
fclin =Dw,Qmsr
fmsr ⋅ΩQclin,Qmsr
fclin, fmsr  (5.4) 
Note that if the correction factor kQclin,Qmsr
fclin, fmsr =1 , such as in the case of a water equivalent 
detector, the field factor Ω is equal to the beam output factor. 
5.3 Materials and methods 
5.3.1 Air core dosimeter 
The air core dosimeter used for the measurements in this Chapter consists of a 
cylindrical scintillator 1 mm in diameter and 1 mm in length. The scintillator is coupled to an 
air core waveguide 120 mm in length as shown in Figure 3.8. The air core dosimeter was 
irradiated with the stem of the dosimeter perpendicular to the central beam axis and the light 
signal was measured with a PMT with high voltage bias applied. For all measurements, the 
scintillator removal method, described in Figure 4.4, was used to subtract the residual 
Cerenkov signal generated in the extension optic fibre. 
Small field measurements were performed with three models of linear accelerators: the 
Varian Novalis, the Elekta Synergy and the Siemens Oncor. Relative output ratios were 
calculated by measuring the scintillation light signal at a machine specific reference field and 
for a range of clinical field sizes. 
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5.3.2 EBT2 film 
EBT2 radiochromic film was used to validate the small field relative output ratios 
measured with the air core dosimeter on the Varian Novalis and the Siemens Oncor for the 6 
MV photon beam. EBT2 film pieces were irradiated at the isocentre in slabs of Virtual Water 
(Standard Imaging, Wisconsin, US), oriented perpendicular to the beam axis. Each sheet of 
EBT2 film was calibrated by exposing the film to doses from 0.5 to 5.5 Gy in 0.5 Gy 
increments. Calibration was performed at reference conditions in a 100 mm × 100 mm field at 
a depth of 15 mm and a SSD of 98.5 cm. The relative output ratios were measured with 5 
irradiations at each field size. The dose delivered to each film was made to be approximately 
the same by increasing the number of monitor units delivered by the linear accelerator based 
on the inverse of the beam output factors as measured by the air core dosimeter. This 
minimises the uncertainty of the calibration process as all films will have approximately the 
same optical density. The measured dose of each film was then divided by the same inverse 
factors to calculate the relative output ratios. 
The film pieces were scanned on an Epson 10000X flatbed scanner (SEIKO Epson Co, 
Japan) 24 hours after irradiation. The scanner was used in transmission mode at 150 dpi and 
48-bit colour. Only the central region of the scanner was used to avoid off-axis non-
uniformity (Aland et al 2011) and the film pieces were irradiated and scanned in the same 
orientation. The optical density to dose conversion was performed in RIT software 
(Radiological Imaging Technology Inc, Colorado, US) using only the red channel of each 
image. The dose measurement on the central beam axis was taken as an average of the central 
0.3 mm region of the irradiated area.  
5.3.3 Monte Carlo simulations 
Monte Carlo simulations were performed by Mr. Kin Wa Chan (Prince of Wales 
Hospital, Australia) to verify the small field relative output ratios measured with the air core 
dosimeter on the Siemens Oncor. The Siemens Oncor linear accelerator with SRS cones was 
modelled using the MCBEAM code developed by the Fox Chase Cancer Care Centre 
(Philadelphia, USA). The MCBEAM code is based on the EGS4/PRESTA user code that 
simulates high energy photons from a linear accelerator and allows for configurable beam 
parameters such as monitor units and fields sizes as well as configurable irradiation 
geometries. 
The stereotactic cones were each modelled using the cone field width at the isocentre, 
as measured using radiographic and radiochromic film at a depth of 50 mm using an 
isocentric setup with an SSD of 95 cm.  MCBEAM calculations for each cone were repeated 
Chapter 5 – Air core scintillation dosimeter for small fields 
 
 102 
until an uncertainty of ± 0.3% on the beam central axis at the depth of maximum absorbed 
dose was achieved. The voxel size used for MC simulations was 1 mm × 1 mm × 2 mm for 
cone diameters equal to or less than 10 mm in diameter, and 2 mm × 2 mm × 2 mm for cone 
diameters greater than 10 mm, with the long axis of the voxel parallel to the central beam axis. 
5.3.4 Diode detectors 
The diodes used in this Chapter and their physical dimensions are listed in Table 5.1. 
All diodes were irradiated with their stems parallel to the central beam axis, such that plane of 
their silicon chips are facing the beam. The diodes were read with a PTW Unidos E 
electrometer with zero voltage bias. 
The diode correction factor kQclin,Qmsr
fclin, fmsr  of these detectors was calculated by comparing 
the relative output ratio measured by the diodes to the relative output ratio measured with air 
core dosimeter at each field size. That is, 
kQclin,Qmsr
fclin, fmsr =
ORair core ⋅volaircore
fclin
ORdiode
=
Mair core
fclin Mair corefmsr ⋅volaircore
fclin
Mdiode
fclin Mdiodefmsr
 (5.5) 
where volaircore
fclin  is the volume averaging correction factor correction for the air core dosimeter 
for a particular field size using the method described below. Note that in Equation 5.5, the 
relative output ratio for the air core dosimeter has been corrected for volume averaging to 
account for the size of the scintillator in the smallest fields. The relative output ratio for the 
diodes, however, is uncorrected for volume averaging when calculating the diode correction 
factor. This allows the correction factor kQclin,Qmsr
fclin, fmsr  to be applied directly to future diode 
measurements as a correction factor. 
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Table 5.1 Dimensions and properties of diode detectors used in for small field 
measurements in this Chapter. 
Diode Model Diameter of active 
volume 
Diameter of housing Detector Type 
PTW 60012 1.1 mm 7.0 mm Unshielded 
PTW 60017 1.1 mm 7.0 mm Unshielded 
PTW 60016 1.1 mm 7.0 mm Shielded 
IBA SFD 0.6 mm 5.0 mm Unshielded 
IBA PFD 2.0 mm 7.0 mm Shielded 
IBA EFD 2.0 mm 7.0 mm Unshielded 
 
5.3.5 Calculation of volume averaging correction factors 
 While the dimensions of the air core dosimeter and diode detectors are both small, 
they will still be subject to volume averaging at the smallest fields (less than 10 mm) due to 
the non-uniformity at the beam central axis (Figure 5.3). Volume averaging correction factors 
for all detectors were calculated by dividing the sensitive volume of all detectors into 
segments. 
The silicon chip in the diode detectors was divided into concentric annuli of width 0.1 
mm shown in Figure 5.6, while the scintillator was divided into 0.1 mm × 0.1 mm voxels of 
varying height (Figure 5.7). The area of each annulus and the volume of each voxel was then 
weighted by the corresponding relative dose delivered to that segment for each field size. The 
relative dose was calculated by taking the average of corresponding section of the field’s 
beam profile measured with EBT2 film (linear dose profile for diodes and radial dose profile 
for scintillator). The ratio of the sum of all the weighted segments to the sum of all the 
unweighted segments represents the volume averaging of a detector in a small field. 
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Figure 5.6 The volume averaging correction factor for a diode detector is 
calculated by dividing the silicon chip into N annuli and weighting each annulus 
area (a1, a2, …, aN) by the corresponding off axis dose ratio (d1, d2, …, dN)  
 
Figure 5.7 The volume averaging correction factor for a cylindrical scintillator is 
calculated in the same way as for the silicon chip in Figure 5.1, with voxel 
volumes (v1, v2, …, vN) weighted by the relative dose from a radial profile. 
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5.3.6 Varian Novalis measurements 
 Irradiations on a Varian system were made with a 6 MV stereotactic X-ray beam 
generated by Varian Novalis at 1000 MU min-1, where 1 MU delivers 1 cGy to the isocentre 
of a 100 mm × 100 mm field at a depth of 15 mm in water and SSD of 98.5 cm. All detectors 
were attached to the scanning arm of a PTW MP3 motorized water tank and located at the 
isocentre at depths of 15, 50 and 100 mm. The detectors (air core dosimeter, PTW 60012, 
SFD, EFD and PFD) were positioned at the center of the field by scanning the detector in 
both the in-plane and cross-plane directions in 0.2 mm increments until the position of 
maximum signal was found. Hysteresis in the movement of the scanning arm was avoided by 
moving the arm in the same direction at all times. 
Brainlab (Brainlab AG, Feldkirchen, Germany) stereotactic cones were used to deliver 
radiation fields with nominal diameters of 4, 7.5,10,12.5, 20 and 30 mm as defined at the 
isocentre. Square fields were formed with the high definition MLC, made up of 2.5 mm 
leaves in the central region. The nominal widths of the MLC fields were 5, 10, 20, 30, 40, 60 
and 100 mm as defined at the isocentre. The jaws of the collimator were set to 8, 12, 22, 32, 
42, 60 and 100 mm for each respective field. Measurements taken with a 0.125 cm3 PTW 
Semiflex ionization (5.5 mm in diameter and 6.5 mm in length) in the same irradiation 
conditions and with its stem perpendicular to the central beam axis were used as the gold 
standard dosimeter for MLC fields larger than 30 mm. All relative measurements were 
normalized to 30 mm cone and 30 mm MLC fields. 
5.3.7 Elekta Synergy measurements 
Irradiations on an Elekta system were made with a similar method using a 6 MV X-ray 
beam from an Elekta Synergy at a dose rate of 600 MU min-1. All measurements were made 
at a depth of 100 mm in a PTW MP3 water tank. The centre of each field was found with the 
same method as on the Varian Novalis as described above. Measurements were made in the 
same irradiation conditions of two Elekta Synergy linear accelerators with different MLCs: 
the high definition 120-leaf Agility MLC with 5 mm leaf width and the older 80-leaf MLCi2 
with 8 mm leaf width.  Square radiation fields with nominal widths of 5, 6, 7, 8, 9, 10 and 30 
mm as defined at the isocentre were formed used a combination of the MLCs in the x-axis 
and the collimator jaws in the y-axis. Measurements were normalized to the 30 mm field. 
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5.3.8 Siemens Oncor measurements 
Irradiations on a Siemens system were made on a Siemens Oncor Impression Plus 
linear accelerator with a 6 MV X-ray beam at a dose rate of 300 MU min-1. Detectors were 
positioned using the Blue Phantom scanning water tank (IBA Dosimetry, Nuremberg, 
Germany) using the same method as described above.  The Siemens linear accelerator was 
fitted with an in-house designed collimation system consisting of a cone holder and 
stereotactic cones. The stereotactic cones are made of lead enclosed within a 3 mm brass 
casing which attaches to the cone holder. The cones were used to form fields with nominal 
diameters 5, 6.5, 8, 10 and 45 mm as defined at the isocentre. All beam output factor 
measurements were made at the isocentre at a depth of 100 mm in water. Measurements were 
normalized to the 45 mm cone. 
5.3.9 Measurement uncertainties 
Measurement uncertainties reported in this Chapter are 1 standard deviation Type A 
uncertainties based on multiple measurements taken with each detector. Type A uncertainties 
arise from dosimeter reproducibility, setup variations (in particular the location of the detector 
in very small fields) and beam output variations. The total uncertainty in relative output ratios 
was calculated by adding the measurement uncertainty at the given field and at the machine 
specific reference field in quadrature. 
5.4 Results 
5.4.1 Volume averaging correction factors 
 The volume averaging correction factors for the measurement of relative output ratios 
on the beam central axis are shown in Table 5.2. The magnitude of the correction factor is 
dependent on the beam profile and the size of the detector’s sensitive volume. Correction 
factors are required for fields 5 mm or smaller for 1 mm wide detectors and for fields smaller 
than 8 mm for 2 mm wide detectors. Volume averaging correction factors were the same 
across the three linear accelerators. Though each linear accelerator has a different beam 
profile, the differences between profiles across the beam central axis were not large enough to 
affect the magnitude of the correction factor. Similarly, the beam profile is different at each 
measurement depth, however the differences are not large enough to affect the volume 
averaging correction factor. 
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Table 5.2 Volume averaging correction factors for each detector at the beam 
central axis. Volume averaging correction factors are independent of the 
measurement depth and linear accelerator type. 
Detector Field width Calculated volume averaging 
correction factor 
Air core 4 - 5 mm 1.009 
SFD 4 - 5 mm 1.003 
60012 4 - 5 mm 1.007 
EFD/PFD 4 - 5 mm 1.037 
EFD/PFD 5 - 8 mm 1.007 
 
5.4.2 Relative output ratios: Varian Novalis 
Figure 5.8 shows the relative output ratios measured on the beam central axis on the 
Varian Novalis linear accelerator for a range of detectors at three depths. Measurements have 
been normalized to the 30 mm diameter cone or 30 mm MLC field. Measurements for the 
smallest fields have been corrected for volume averaging effects for all detectors. 
In medium sized fields between 30 and 100 mm, the relative output ratios of MLC 
fields shown in Figure 5.8 illustrate that the air core dosimeter is in good agreement with the 
Semiflex ionization chamber, the gold standard dosimeter at these field sizes. The average 
deviation between the two detectors was 0.2% with a maximum deviation of 0.5%. These 
results are consistent with those of Lambert et al (2006) who reported close agreement 
between an air core dosimeter and an ionization chamber in fields above 40 mm. 
In fields smaller than 30 mm in width, Figure 5.8 illustrates how the relative output 
falls rapidly for fields below 30 mm due to the loss of CPE and source occlusion as described 
in Section 5.1. The air core dosimeter showed good agreement with EBT2 film with an 
average deviation of 0.2% and a maximum deviation of 2.0%. At these field sizes, all diode 
detectors exhibited an over-response in relative output ratio relative to the air core dosimeter 
and EBT2 film. This agrees with the general consensus of diode behaviour in small fields 
found in the literature and the predicted effect of high density silicon, described in Section 
5.2.1. Diode detectors over-responded by up to 10.4% for stereotactic cone fields and up to 
11.0% for MLC fields once volume averaging has been accounted for. Table 5.3 and Table 
5.4 list the diode correction factors kQclin,Qmsr
fclin, fmsr calculated using Equation 5.5 based on these 
measurements. 
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Figure 5.8 Relative output ratios measured on the Varian Novalis at depths of 15, 
50 and 100 mm. Measurements have been normalized to the 30 mm diameter cone 
and 30 mm MLC field. Measurements for the air core dosimeter and diodes have 
been corrected for volume averaging. The error bars represent 1 standard deviation 
of measurement uncertainty. 
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Table 5.3 Diode correction factors kQclin,Qmsr
fclin, fmsr  for Brainlab stereotactic cones on 
the Varian Novalis linear accelerator. Correction factors were calculated based on 
the relative output ratios measured by the air core dosimeter (corrected for volume 
averaging) compared to those measured with diodes (uncorrected for volume 
averaging). Correction factors are specific to the irradiation conditions described in 
the method. 
Depth 15 mm     
Nominal field width (mm) 60012 SFD PFD EFD 
4 0.940 0.944 0.966 0.975 
7.5 0.961 0.976 0.957 0.978 
10 0.977 0.985 0.970 0.987 
12.5 0.985 0.993 0.981 0.993 
Depth 50 mm     
4 0.909 0.915 0.944 0.942 
7.5 0.959 0.974 0.953 0.976 
10 0.975 0.988 0.970 0.988 
12.5 0.988 0.999 0.984 0.997 
Depth 100 mm     
4 0.928 0.925 0.958 0.949 
7.5 0.951 0.966 0.945 0.965 
10 0.970 0.982 0.963 0.980 
12.5 0.981 0.989 0.975 0.986 
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Table 5.4 Diode correction factors kQclin,Qmsr
fclin, fmsr  for the Varian Novalis linear 
accelerator with the MLC. Correction factors were calculated based on the relative 
output ratios measured by the air core dosimeter (corrected for volume averaging) 
compared to those measured with diodes (uncorrected for volume averaging). 
Correction factors are specific to the irradiation conditions described in the method. 
Depth 15 mm     
Nominal field width (mm) 60012 SFD PFD EFD 
5 0.962 0.970 0.959 0.978 
10 0.988 0.998 0.980 0.996 
Depth 50 mm     
5 0.960 0.972 0.954 0.976 
10 0.981 0.994 0.972 0.990 
Depth 100 mm     
5 0.941 0.955 0.935 0.960 
10 0.981 0.994 0.971 0.991 
 
5.4.3 Relative output ratios: Elekta Synergy 
Figure 5.9 shows the relative output ratios on the beam central axis measured on the 
Elekta Synergy linear accelerator for both the Agility and i2 MLC systems. Measurements 
were made at a depth of 100 mm and were normalized to the 30 mm field. Measurements 
taken at the smallest fields have been corrected for volume averaging effects for both the air 
core dosimeter and the diodes. The response of the dosimeters in radiation fields from Elekta 
Synergy is similar to those from the Varian Novalis shown in Figure 5.8, where the measured 
output factors decrease steeply with field size due to the lack of charged particle equilibrium 
and occlusion of the radiation source. Detector behaviour in beams defined by the i2 MLC are 
less predictable than for the corresponding beams in the Agility. Since the i2 MLC is older 
and not specifically designed for small fields, the positional accuracy of the MLC leaves are 
lower, leading to less reproducible field widths (Cranmer-Sargison et al 2013).  
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Diode over-response on the Elekta Synergy was of similar magnitude to that observed 
in with the Varian Novalis (up to 7.96% for the Agility MLC and up to 8.53% for the i2 
MLC). Table 5.5 lists the diode correction factors kQclin,Qmsr
fclin, fmsr  for all diodes on both MLC 
systems on the Elekta linear accelerator. 
 
Figure 5.9 Relative output ratios measured on the Elekta Synergy with the Agility 
MLC and i2 MLC at a depth of 100 mm. Output factors for fields below 10 mm 
have been magnified on the right hand side. Measurements have been normalized 
to the 30 mm field. Measurements for the air core dosimeter and diodes have been 
corrected for volume averaging. The error bars represent 1 standard deviation of 
measurement uncertainty. 
  
Chapter 5 – Air core scintillation dosimeter for small fields 
 
 112 
Table 5.5 Diode correction factors kQclin,Qmsr
fclin, fmsr  for the Elekta Synergy linear 
accelerator with the i2 and Agility MLC. Correction factors were calculated based 
on the relative output ratios measured by the air core dosimeter (corrected for 
volume averaging) compared to those measured with diodes (uncorrected for 
volume averaging). Correction factors are specific to the irradiation conditions 
described in the method. 
Agility MLC    
Nominal field width (mm) 60016 60017 SFD 
5 0.970 0.966 0.976 
6 0.962 0.971 0.985 
7 0.955 0.970 0.983 
8 0.956 0.975 0.988 
9 0.961 0.978 0.992 
10 0.963 0.979 0.991 
i2 MLC    
5 0.949 0.928 0.946 
6 0.946 0.924 0.945 
7 0.955 0.936 0.968 
8 0.946 0.952 0.979 
9 0.966 0.948 0.978 
10 0.973 0.957 0.986 
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5.4.4 Relative output ratios: Siemens Oncor 
Figure 5.10 shows the relative output ratios measured on the beam central axis and 
Monte Carlo simulations for the Siemens Oncor linear accelerator with in-house stereotactic 
cones. Measurements were made at a depth of 100 mm and normalized to the 45 mm 
diameter cone. Measurements taken at the smallest fields have been corrected for volume 
averaging effects. The air core dosimeter showed good agreement with EBT2 film for SRS 
cones. The average deviation between the two detectors was 0.66% and the maximum 
deviation was 1.24%. The air core dosimeter was also in good agreement with MC 
simulations of the Siemens Oncor linear accelerator. The average deviation between the 
measured and simulated relative output ratios was 0.87%, with a maximum deviation of 
1.74%.  
The response of diodes in small fields produced by the Siemens Oncor was up to 
7.33% relative to the air core dosimeter. Diode correction factors kQclin,Qmsr
fclin, fmsr calculated from 
these measurements are listed in Table 5.6. 
 
Figure 5.10 Relative output ratios measured and calculated for the Siemens Oncor 
linear accelerator with in-house stereotactic collimation system at a depth of 100 
mm. Output factors for fields below 10 mm have been magnified on the right hand 
side. Measurements have been normalized to the 45 mm field. Measurements for 
the air core dosimeter and diodes have been corrected for volume averaging. The 
error bars represent 1 standard deviation of measurement uncertainty. Diode and 
film measurements were performed by Ms. Madelaine Tyler. 
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Table 5.6 Diode correction factors kQclin,Qmsr
fclin, fmsr  for the Siemens Oncor linear 
accelerator with an in-house stereotactic cone system. Correction factors were 
calculated based on the relative output ratios measured by the air core dosimeter 
(corrected for volume averaging) compared to those measured diodes (uncorrected 
for volume averaging). Correction factors are specific to the irradiation conditions 
described in the method. 
Nominal field width (mm) 60012 SFD 
5 0.935 0.959 
6.5 0.956 0.976 
8 0.965 0.985 
10 0.970 0.989 
5.5 Discussion 
5.5.1 Air core dosimeter response in small fields 
The air core dosimeter showed good performance in small fields. The relative output 
ratio measured by the air core dosimeter and EBT2 were within their measurement 
uncertainties, 0.7% for the air core dosimeter reported in Chapter 3 and 2.8% for EBT2 film 
reported by Aland et al (2011). This agrees with the work of Gagnon et al (2012), who 
reported agreement within 1% between plastic scintillation dosimeter and EBT2 film 
measurements in small fields. No systematic deviation was observed between the air core 
dosimeter and the EBT2 film was observed across the different field sizes, the three linear 
accelerators, the three measurements depths or across MLC and SRS cone collimation 
methods.  
EBT2 film is close to dosimetrically water equivalent, has minimal energy dependence 
(Butson et al 2010) and has high spatial resolution. EBT2 film is an important tool in the 
verification of small field output factors, however lacks real-time readout and possesses 
intrinsically large uncertainties of up to 2.8% (Aland et al 2011). The air core dosimeter 
showed good reproducibility with an average measurement uncertainty of 0.7%, which 
increases to 1.0% when combined with the measurement uncertainty at the field of 
normalization. 
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For fields of 5 mm and smaller, Wang et al predicted on the basis of MC simulations 
that the air core dosimeter would over-respond by 2% when irradiated with its axis parallel to 
the beam axis. This was attributed to the presence of the high Z silicon (from the silica tube 
that forms the air core waveguide) around the scintillator that generates additional scatter to 
the scintillator. As the field size decreases, the influence of the additional scatter from the 
silicon increases, leading to the over-response. The results shown in Section 5.4 did not 
exhibit the over-response predicted by Wang et al. While the over-response reported by Wang 
et al is less than the uncertainty of the film, no systematic deviation was found between the 
air core dosimeter and the EBT2 film down to fields of 5 mm for the MLC or 4 mm for the 
SRS cones. 
The close agreement of the two water-equivalent detectors (air core dosimeter and 
EBT2 film) and Monte Carlo simulations for the Siemens Oncor demonstrate that the air core 
dosimeter is an accurate real-time dosimeter in conditions where CPE does not exist. The air 
core dosimeter is therefore suitable dosimeter for the characterization of diodes in small fields 
and for the calculation of diode correction factors in Chapter 6. 
5.5.2 Diode detector response in small fields 
Table 5.4, Table 5.5 and Table 5.6 lists the values for the diode correction factor 
kQclin,Qmsr
fclin, fmsr  for all diodes as measured with the air core dosimeter and calculated by Equation 
5.5. The diode correction factors listed in these tables are specific to the model of linear 
accelerator, the model of diode and the irradiations conditions. The diode correction factors 
should not be applied to measurements in other beam configurations. A thorough analysis of 
the beam parameters that affect the magnitude of the diode correction factor and the 
transportability of diode correction factors across beam configurations will be discussed in the 
next chapter. 
In medium sized fields between 60 and 100 mm, all unshielded diodes exhibit an over-
response relative to the air core dosimeter and the ionization chamber. The maximum over-
response was 2.3% on the Varian Novalis and 4.07% of the Elekta Synergy when normalized 
at the 30 mm field. This behaviour is expected in unshielded diodes due to the increased dose 
deposited by low energy scattered electrons in silicon relative to water. The shielded PFD 
diode and PTW 60016 diode agreed with the air core dosimeter at these field sizes for the 
Varian Novalis and Elekta Synergy linear accelerators respectively. Unshielded diodes are 
only suitable for relative output ratio measurements in the range of 20 to 40 mm if correction 
factors are applied. This shows that the air core dosimeter is the only real-time detector in this 
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study that can accurately measure the relative output ratios for a range of field sizes between 
4 to 100 mm without the need for corrections. 
5.6 Summary 
In this Chapter, the air core dosimeter has been shown to be an accurate dosimeter for 
small field measurements. Relative output ratio measurements with the air core dosimeter 
consistently agreed, within measurement uncertainty, with measurements taken with EBT2 
film and MC simulations, across a range of linear accelerators and irradiation conditions. 
Based on measurements from the air core dosimeter, the behaviour of a range of diodes in 
small fields has been characterized. All diode detectors used in this study exhibited an over-
response at small fields, up to a maximum of 11%. The diode correction factors calculated 
from these measurements can be applied to raw diode readings to obtain accurate relative 
output ratios. This allows institutions without access to water equivalent dosimeters such as 
the air core dosimeter or an accurate Monte Carlo model to obtain accurate output factors for 
input to their treatment planning system using commercially available diodes. A limiting 
factor in the clinical application of these correction factors are that they are only suitable for 
the specific diode and linear acceleration combination and irradiation conditions at which 
they were obtained. A universal model of diode behaviour in small fields would be useful in 
correcting for diode over-response across different types of radiation and different irradiation 
conditions. A universal predictive model based on the data presented in this Chapter and the 
literature will be discussed in the following Chapter. 
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6) 4 
CHAPTER 6 
A predictive mathematical relation of  
diode correction factors 
 
The air core dosimeter has been shown in Chapter 5 to be an accurate and reliable 
detector for small field dosimetry. The diode correction factors calculated in Chapter 5, in 
which the air core dosimeter was used as a reference dosimeter, allows for institutions 
without direct access to suitable small-field dosimeters to improve the accuracy of the beam 
parameters input into their treatment planning systems 
The calculation and publication of correction factors, however, may not be a viable 
long-term solution for small field dosimetry. The correction factors in Chapter 5, as well as 
those available in the literature, are specific for the diode type, linear accelerator type and the 
irradiation conditions under which they are measured. As new diode detectors, linear 
accelerators and other radiation delivery technologies are developed and made commercially 
available, the calculation and publication of specific correction factors for all detector and 
delivery method combinations becomes increasingly difficult. Furthermore, the 
transportability and applicability of correction factors determined at one institution are not 
well known. 
These challenges could be addressed if a universal mathematical relation for diode 
over-response could be developed that applies to a wide range of beam configurations. 
However, it has not yet been demonstrated that such a universal relation is possible. The first 
aim of this chapter is to develop a predictive mathematical relation based on measurements of 
Chapter 5 and demonstrate its feasibility. The mathematical relation was used to investigate 
the factors that have the greatest influence on the magnitude of the over-response using 
multiple linear regression analysis. The second aim of this chapter is to determine whether 
correction factors derived from this mathematical relation for specific diode types are 
transportable across beam configurations by performing a meta-analysis of small field diode 
correction factors in the literature. The meta-analysis will also be used to benchmark the 
mathematical relation against MC simulations of diode over-response in small fields.  
Chapter 6 – A predictive mathematical relation of diode correction factors 
 
 121 
6.1 Predictive mathematical relation of diode over-response 
 The mathematical relation of diode over-response was developed by finding a 
mathematical relationship between the field width of small fields and the percentage over-
response of diodes in those fields. 
6.1.1 Field width of small fields 
 
Figure 6.1 A schematic diagram describing the apparent field widening in small 
fields. In a large field, the nominal field width (based on the position of the 
collimator or MLC leaves) and the effective field width are the same. In a small 
field, as the profile of the field (in red) is formed by two overlapping penumbrae, 
the dose at the central axis is lower, leading to a larger FWHM. 
A predictive mathematical relation of diode behaviour that can be used across different 
types of linear accelerators requires the use of the effective field width rather than the nominal 
field width. Unlike in large fields, where the nominal field width (defined by the position of 
the MLC leaves) and the effective field width (defined by the field’s FWHM) are similar, the 
two values can be different in small fields. Figure 6.1 illustrates that at small fields, the 
penumbrae formed by opposing collimators overlap with one another. This leads to an 
apparent widening of the radiation field relative to the nominal field size, as defined by the 
collimator, as well as a lower than expected dose at the beam central axis (Aspradakis et al 
2010). Figure 6.2 shows that the 50% isodose lines and thus the FWHM of MLC defined 
fields are larger than the nominal 5 mm field due to the phenomenon of apparent beam 
widening. Figure 6.2 also illustrates that a nominal 5 mm MLC field will result in fields of 
different widths across different linear accelerators. Cranmer-Sargison et al (2013a) showed 
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that when comparing dosimeter behaviour in small fields from different linear accelerators, it 
is important to use the effective field width as defined by the FWHM instead of the nominal 
field width. Cranmer-Sargison et al reported that small field relative output factors from a 
population of linear accelerators varied by nearly 10% as a function of nominal field width, 
but the same data agreed to within 1% as a function of the effective field width. 
 
Figure 6.2 Relative sizes of the nominal field width (dashed line) and the effective 
field width as defined by the FWHM of 5 mm MLC and 4 mm stereotactic cone 
defined fields. FWHMs were measured with EBT2 film for the Varian Novalis 
system (in red) and the SFD diode for the Elekta Synergy system (in blue). Fields 
defined by stereotactic cones are converted to square fields of equivalent width (in 
orange) for comparison with MLC defined fields. 
In the case of stereotactic cones, the effective field width is determined predominantly 
by the size of the cone aperture, which can be adjusted to a specific diameter by the cone 
manufacturer. Therefore, the effective field width is likely to be much closer to the nominal 
field width than in MLC fields. However, depending of the measurement depth and the 
source-to-detector distance, there may still be a difference between the two values, as shown 
in Figure 6.2. To allow for a comparison of detector behaviour in MLC and stereotactic cone 
defined fields, circular fields from cones are equated to square fields of equivalent width. This 
process is similar to the commonly used technique of equating rectangular fields to square 
fields of the same irradiated area (Podgoršak 2005). The equivalent square field of circular 
fields was calculated using the ratio reported by Bjärngard and Siddon (1982): 
x = 0.891 × FWHM (6.1) 
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6.1.2 Percentage over-response of diodes 
The diode correction factors in Chapter 5 are calculated by comparing the relative 
output factor measured by the diodes to the corrected relative output factors measured with 
the air core dosimeter at each field size (Equation 5.5). These diode correction factors are 
specific to the diode type and linear accelerator type and irradiation conditions at which they 
were calculated. In order to compare the behaviour of diodes between different diode types 
with different physical properties, the percentage over-response, rQmsr,Qref
fclin, fmsr , is used instead. 
The percentage over-response of diodes is calculated based on the OR measured by the diode 
compared to the OR measured with a reference dosimeter, in this case the air core dosimeter: 
rQclin,Qmsr
fclin, fmsr =100 × ORdiode
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 (6.2) 
where voldiode
fclin  represents the volume averaging correction factor for a diode. 
The percentage over-response allows diodes to be compared regardless of their 
physical dimensions or the profile of the field in which they are irradiated, both of which are 
accounted for in the volume averaging correction factor for each diode. The percentage over-
response, rQmsr,Qref
fclin, fmsr , and the diode specific correction factor, kQclin,Qmsr
fclin, fmsr , are related by 
. (6.3) 
6.2 Materials and method 
6.2.1 Air core and diode dosimeters 
The design of the air core dosimeter has previously been described in Section 3.2.2. 
The dosimeter used for measurements in this paper consisted of a cylindrical scintillator 
BC400 measuring 1 mm in diameter and 1 mm in length (0.8 mm3 in volume). The 
scintillator is coupled to an air core waveguide 120 mm in length that avoids the generation of 
Cerenkov radiation in the primary beam. The air core dosimeter was irradiated with the stem 
of the dosimeter perpendicular to the central beam axis and the light signal was measured 
with a PMT. 
kQclin,Qmsr
fclin, fmsr = voldiode
fclin
rQclin,Qmsr
fclin, fmsr 100+1⎛
⎝
⎜
⎞
⎠
⎟
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The diode detectors used in this study are the unshielded diodes listed in Table 6.1. All 
diodes were irradiated with their stems parallel to the central beam axis, such that plane of the 
silicon chip was facing the beam. The diodes were read with a PTW Unidos E electrometer 
with zero voltage bias as recommended by the manufacturers. 
6.2.2 Irradiation conditions 
Relative output factors were measured on three different linear accelerators: Varian 
Novalis, Elekta Synergy and Siemens Oncor. Detailed descriptions of measurements from 
each system can be found in Section 5.3. All relative output factor measurements were 
performed in a water tank under a 6 MV X-ray beam with the detector at the isocentre. Table 
6.1 lists the irradiation conditions and the diode detectors used for each linear accelerator. All 
relative output factor measurements were normalized to a machine specific reference field, 
where unshielded diodes are known to have an accurate response (Aspradakis et al 2010), 
listed in bold in Table 6.1.  
The effective field width based on the FWHM was measured for each field at each 
depth and are listed in Table 6.1. The FWHM was determined using radiochromic film or 
diodes. Film provides the best spatial resolution and was used for all Varian and Siemens 
measurements. EBT2 film was irradiated in solid water and scanned on an Epson 10 000X 
flatbed scanner (SEIKO Epson Co, Japan) 24 hours after irradiation. The optical density to 
dose conversion was performed in RIT software (Radiological Imaging Technology, 
Colorado, USA), which was also used to measure the dose profile across the field and 
calculate the FWHM. The profile was measured 3 times on each film and averaged to 
minimise the overall uncertainty of measurement from each film and 3 pieces of film were 
irradiated for each field.  Diodes have been shown to accurately measure the FWHM of small 
fields (Tyler et al 2013) and were used for the Elekta measurements. The IBA SFD diode was 
placed in a water tank with its stem parallel to the beam axis. The diode detector was scanned 
in the cross-plane direction by the motorized arm of the water tank and each measurement 
was repeated 3 times.  
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Table 6.1 Measurement conditions for determination of diode correction factors. 
All relative output readings are normalized to the machine specific reference field. 
All output readings were normalised to the machine specific reference field, which 
is listed in bold. 
Linear 
Accelerator 
Collimation 
System 
Depth  
(mm) 
Diode  
detectors 
Nominal field 
widths (mm) 
FWHM 
(mm) 
Varian  
Novalis 
Brainlab   
cones 
15 60012, SFD, 
EFD 
4, 7.5, 10, 12.5, 
15, 20, 30 
3.70, 7.25, 9.93, 
12.31, 14.42, 
19.46 
Varian  
Novalis 
Brainlab   
cones 
50 60012, SFD, 
EFD 
4, 7.5, 10, 12.5, 
15, 20, 30 
3.70, 7.30, 9.80, 
12.47, 14.46, 
19.46 
Varian  
Novalis 
Brainlab   
cones 
100 60012, SFD, 
EFD 
4, 7.5, 10, 12.5, 
15, 20, 30 
3.86, 7.33, 9.91, 
12.42, 14.50, 
19.47 
Varian  
Novalis 
HD120 MLC 15 60012, SFD, 
EFD 
5, 10, 20, 30 5.81,10.80, 20.49 
Varian  
Novalis 
HD120 MLC 50 60012, SFD, 
EFD 
5, 10, 20, 30 5.90, 10.85, 20.61 
Varian  
Novalis 
HD120 MLC 100 60012, SFD, 
EFD 
5, 10, 20, 30 5.94, 10.85, 20.48 
Elekta  
Synergy 
Agility MLC 100 60017, SFD 5, 6, 7, 8, 9, 10, 
30 
6.54, 7.33, 8.16, 
8.99, 9.91 
Siemens  
Oncor 
In-house  
cones 
100 60012, SFD 5, 6.5, 8, 10, 45 4.92, 6.46, 8.41, 
9.53 
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6.2.3 Mathematical relation for diode over-response 
The mathematical relation for diode over-response in small fields was built by plotting 
the percentage over-response, rQmsr,Qref
fclin, fmsr  calculated by Equation 6.2, against the equivalent 
square field width based on the FWHM listed in Table 6.1 for square fields and calculated 
using Equation 6.1 for cones. 
The mathematical relation between the percentage over-response and the equivalent 
square field width based on the FWHM was determined in OriginPro (OriginLab Corp., 
Northampton, MA) by fitting a two parameter exponential function 
 rQclin,Qmsr
fclin, fmsr = Ae−Bx  , (6.4) 
where x is the equivalent square field width in mm. A few measurements with negative over-
response (due to measurement uncertainty in fields where the percentage over-response is 
close to 0%) were ignored for the regression calculation. The quality of the fit and thus the 
accuracy of the mathematical relation was quantified in two ways. The first is the average 
absolute percentage deviation between the measured over-response and the fitted over-
response. The second is the number of measurements where the measured and fitted over-
response differs by less than 1%. 
To determine from the mathematical relation the factors that significantly affected 
diode over-response, a multiple linear regression analysis was performed with field size, 
measurement depth, collimation method, linac type and diode type as independent variates. 
The data was transformed to a linear relation by taking the natural logarithm of the percentage 
over-response. A multiple linear regression analysis was performed using OriginPro with a 
95% confidence interval. 
Type A measurement uncertainties were included in all regression analyses for both 
percentage over-response and field width. Measurement uncertainty in the diode over-
response was calculated by combining the measurement uncertainty in relative output factors 
of both the air core dosimeter and diode detectors. Measurement uncertainty in the field size 
was determined by the reproducibility of FWHM measurements. 
  
Chapter 6 – A predictive mathematical relation of diode correction factors 
 
 127 
6.3 Results and discussion 
6.3.1 Factors affecting the magnitude of diode response 
Figure 6.3 shows the percentage over-response of all diode detectors for all irradiation 
conditions considered in this study. A line of best fit indicates the general trend of increasing 
over-response with decreasing field size and was used as a predictor of over-response. The 
average percentage deviation between the fitted and measured over-response is 0.74%, 
confirming that an exponential function is a good fit to the relation between over-response 
and field size. However, 26% (24 out of 93) of measurements deviate from the best fit by 
more than 1% at that field size, indicating that the diode over-response cannot be accurately 
predicted by a mathematical relation encompassing all diodes and irradiation conditions. 
Multiple linear regression analysis of the data showed that diode over-response was most 
significantly affected by the field size (pfield size < 0.0001) and diode type (pdiode type < 0.0003). 
This agrees with the findings of Fenwick et al (2013), who reported that the over-response is 
mainly dependent on the degree of lateral electron disequilibrium (a function of field size) 
and detector density (dependent on the detector composition). 
Multiple linear regression analysis of the data showed that the type of linear accelerator 
does not statistically affect the magnitude of diode over-response (plinac < 0.060), despite 
differences in the beam quality of each machine (the beam quality index TPR20/10 was 0.659 
for the Varian Novalis, 0.679 for the Elekta Synergy and 0.675 for the Siemens Oncor). This 
is confirmed in Figure 6.3, where each linac is separated by a different symbol. The mean 
deviations from the line of best fit are close to zero (0.03%, -0.07% and -0.43% for Varian, 
Elekta and Siemens respectively) 
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Figure 6.3 The percentage over-response of all diodes relative to the air core 
dosimeter as a function of the field size and type of linear accelerator. The line is 
the fit to all data points of Equation 6.4, but the extent of scatter shows that a 
single line of this form is not able to predict the over-response with sufficient 
accuracy. 
Figure 6.4 shows all measured data with the method of collimation as an additional 
parameter. Multiple linear regression analysis showed that the method of collimation does not 
statistically affect the magnitude of diode over-response (pcollimation < 0.483). For fields larger 
than 5 mm, the two lines of best fit are almost superimposed, showing that the method of 
collimation does not have a large affect on diode over-response except at the smallest fields. 
While the size of MLC radiation fields is less reproducible relative to stereotactic cones, due 
to the positional uncertainty of the collimating leaves (Cranmer-Sargison et al 2013b), the 
magnitude of the diode over-response is the same as for stereotactic cones of the same 
equivalent square field size. 
 Figure 6.5 shows the over-response for all diodes considered at different depths, 
measured on the Varian Novalis linac. Equation 6.4 was fitted to each data set. Depth was 
found to be a statistically significant factor for diode over-response (pdepth < 0.020). Figure 6.5 
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shows that for fields larger than 5 mm, the lines of best fit for data measured at depths of 15 
mm and 50 mm are superimposed. However, measurements made at a depth of 100 mm 
exhibited higher over-response.  
 
 
 
Figure 6.4 The percentage over-response of diode detectors as a function of field 
size for MLCs (on Varian and Elekta linear accelerators) and stereotactic cones 
(on Varian and Siemens linear accelerators). The lines are fits of Equation 6.4 to 
each collimation system. The lines overlie, showing that for fields larger than 5 
mm, the collimator type does not systematically influence the diode over-response. 
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Figure 6.5 The percentage over-response of diode detectors as a function of field 
size for three different depths. Only data from the Varian Novalis, where 
measurements were made at different depths, is included. The lines are fits of 
Equation 6.4 to each of the three depths. 
6.3.2 Diode specific mathematical relation 
In order to test whether accurate diode specific corrections can be predicted with a 
mathematical relation, the data was separated according to diode type. Figure 6.6, Figure 6.7 
and Figure 6.8 show the percentage over-response of the IBA SFD diode, the PTW Type E 
diodes and the IBA EFD diode respectively. Note that in Figure 6.7, data from two models of 
PTW Type E diodes (PTW 60012 and PTW 60017) have been grouped together. For fields 
smaller than 5 mm the measured and fitted over-response differ by up to 3.2%. At such small 
field sizes, the measurement uncertainties in the OF and FWHM as well as the high gradient 
of the exponential curve limit the accuracy of the mathematical relation. For example, in a 
field with an equivalent width of 4 mm, an uncertainty in the FWHM of only ±0.1 mm will 
result in the predicted over-response ranging from 6.0% to 6.4% for the SFD diode and 8.4% 
to 8.8% for the PTW Type E diodes. 
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In fields larger than 5 mm, a diode specific mathematical relation based on Equation 
6.4 accurately predicts diode over-response. In Figure 6.6 and Figure 6.7, the average 
percentage deviation between the measured and fitted over-response is 0.32% for the IBA 
SFD diode and 0.25% for the PTW Type E diodes. Of the measured over-response values, 
97% (64 out of 66) of measurements differed from the fitted values by less than 1% and 88% 
(55 of the 66) of measurements differed by less than 0.5%. The 2 (out of 66) measurements 
that differed by more than 1% were both measured at a depth of 100 mm, which has been 
shown above to be a significant factor and in Figure 6.5 to have a higher over-response 
compared to other depths. This indicates that for these the SFD and PTW Type E diodes, 
which have been specifically designed for small field dosimetry, a mathematical relation can 
accurately predict the magnitude of over-response regardless of the type of collimation and 
type of linear accelerator (indicated by the different symbols on each graph).  
Figure 6.8 shows the percentage over-response of the EFD diode. For fields above 5 
mm, the average percentage deviation between measured and fitted over-response is 0.65% 
for the EFD. While this average percentage deviation value is low, the maximum difference 
observed in fields larger than 5 mm was 3.48% (for a 5 mm MLC field). In total, 79% (19 out 
of 24) of measurements in fields larger than 5 mm were predicted to within 1%. Figure 6.8 
indicates that while the EFD diode was not designed for small field dosimetry and is less 
predictable than the smaller diodes shown in Figure 6.6 and Figure 6.7, it is still suitable for 
use in fields as small as 7 mm. 
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Figure 6.6 The percentage over-response of the IBA SFD diode as a function of 
the equivalent square field width generated by three types of linear accelerators. 
Points where the difference between the measured and fitted over-response differ 
by more than 1% are shown in red. The solid line is the fit to all data points of 
Equation 6.4 and the dotted line represents the 95% confidence band. 
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Figure 6.7 The percentage over-response of the PTW Type E diodes (60012 and 
60017) as a function of the equivalent square field width generated by three types 
of linear accelerators. Points where the difference between the measured and fitted 
over-response differ by more than 1% are shown in red. The solid line is the fit to 
all data points of Equation 6.4 and the dotted line represents the 95% confidence 
band. 
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Figure 6.8 The percentage over-response of the IBA EFD diode as a function of 
the equivalent square field width generated by the Varian Novalis linear 
accelerator. Points where the difference between the measured and fitted over-
response differ by more than 1% are shown in red. The solid line is the fit to all 
data points of Equation 6.4 and the dotted line represents the 95% confidence band. 
6.4 Comparison to literature 
6.4.1 Clinical application of the predictive relation 
While Figure 6.3 shows that a universal mathematical relation for the over-response of 
all diodes in all irradiation conditions would be inaccurate, Figure 6.6, Figure 6.7 and Figure 
6.8 shows that separating the same data by diode type greatly improves the accuracy of the 
mathematical relation for all but the very smallest fields. Since the sensitive volume of all 
diodes is made of the same material (silicon), this suggests that a diode’s construction and the 
materials that surround the sensitive volume of the detector has a large influence on the 
magnitude of diode over-response. For all diodes, the most inaccurately predicted 
measurements are those for the smallest fields (4 mm cone and 5 mm MLC field on the 
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Varian Novalis), which suggests that this is the field size limit to which diode over-response 
can be reliably predicted. 
Table 6.2 lists the parameters of the mathematical relation for each diode. Parameters 
from the same data without volume averaging corrections for diodes (but still volume average 
corrected for the air core dosimeter) are also listed. These uncorrected parameters can be 
applied to raw diode readings without volume averaging correction. 
The mathematical relation developed in this chapter can be used to mathematically 
obtain diode correction factors. To correct for diode over-response, the relative output factors 
of small fields must be measured using one of the diodes listed in Table 6.2. The FWHM of 
the small fields also needs to be measured either with radiochromic film or by scanning a 
diode across the field in a water tank. For circular fields, the FWHM needs to be converted to 
an equivalent square field width. Once the equivalent square field width has been obtained, 
the over-response is calculated by Equation 6.4 using the relevant parameters in Table 6.1. 
The over-response can be converted to a diode correction factor using Equation 6.3. 
 
Table 6.2 Parameters A and B in Equation 6.4 describing the mathematical relation 
between diode over-response and equivalent square field size. Parameters without 
volume averaging corrections are also given and can be applied to raw diode 
readings. The accuracy describes the number of readings in fields larger than 5 
mm that differ from the fitted over-response by less than 1%. 
Diode model 
Corrected for 
vol. avg. 
Uncorrected for 
vol. avg. 
Average 
deviation 
(fields  
> 5 mm) 
Accuracy 
(fields  
> 5 mm) A B A B 
All diodes 0.203 0.264 0.154 0.241 0.61% 81% 
(n = 90) 
PTW Type E 
(60012/60017) 
0.182 0.217 0.162 0.207 0.32% 97% 
(n = 33) 
SFD 0.238 0.337 0.238 0.337 0.25% 97% 
(n = 33) 
EFD 0.218 0.263 0.100 0.216 0.65% 79% 
(n = 24) 
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6.4.2 Comparison to literature 
The over-response of diodes in the clinic is problematic and the ability to correct for 
diode over-response with a robust mathematical function is valuable. To test the validity, this 
universal curve has been compared to diode corrections reported in the literature. To 
benchmark the mathematical relation, the predicted percentage over-response was compared 
to available correction factors reported in the literature. Table 6.3 lists known publications 
with diode specific correction factors for the IBA SFD and PTW Type E diodes. The 
percentage over-response was calculated from published values of kQclin,Qmsr
fclin, fmsr using Equation 
6.3. Where necessary, the data was renormalised to take the 30 mm field as the machine 
specific reference field. 
As the FWHM of each field is not listed in the majority of the publications in Table 6.3, 
the diode over-response in these publications is plotted against the equivalent square field 
width based on the nominal field size rather than that based on the FWHM. Cranmer-Sargison 
et al. (2013a) showed that variations in effective field size relative to the nominal field size 
were responsible for the differences in relative output within a linac population. The use of 
nominal field sizes, therefore, reduces the accuracy of the mathematical relation. 
However, it allows for a comparison of published data with the experimental data 
measured with the air core dosimeter. The mathematical relation for the IBA SFD and PTW 
Type E diodes shown in Figure 6.6 and Figure 6.7 were recalculated based on the nominal 
field size rather than the measured FWHM. The resulting parameters of the modified 
mathematical relation were A = 0.314 and B = 0.413 for the IBA SFD diode and A = 0.162 
and B = 0.218 for the PTW Type E diode. 
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Table 6.3 List of known publications with diode specific correction factors for the 
PTW Type E diodes (model 60012 or 60017) calculated based on measurements 
with the reference detector or MC modelling. All Cyberknife data was calculated 
at a source to detector of 800 mm and all conventional linear accelerator data at a 
source to surface distance of 1000 mm. 
Reference Linear Accelerators Reference detector 
Francescon et al (2008) Cyberknife Monte Carlo 
Francescon et al (2011) Elekta Synergy, Siemens Primus Monte Carlo 
Cranmer-Sargison et al (2011) Varian iX Monte Carlo 
Francescon et al (2012) Cyberknife Monte Carlo 
Pantelis et al (2012) Cyberknife Monte Carlo 
Morin et al (2013) Cyberknife Scintillation dosimeter 
Bassinet et al (2013) Cyberknife, Varian Novalis, Varian 
Clinac 2100 
EBT2 film, 
LiF microcubes 
Lechner et al (2013) Elekta Precise Alanine 
 
 
Figure 6.9 and Figure 6.10 show the percentage over-response published in the 
literature for conventional linear accelerators compared to the modified mathematical relation 
based on nominal field widths for the IBA SFD and PTW Type E diodes respectively. The 
average deviation from the predicted over-response was 0.34% for the IBA SFD and 0.43% 
for the PTW Type E diodes for fields greater than 5 mm (nominal field size). For both diode 
models, 97% (nSFD = 36 and nPTW-E = 74) of the data deviated from the prediction by less than 
1%. Figure 6.9 and Figure 6.10 further illustrate that the magnitude of diode over-response 
does not differ greatly between Varian, Elekta and Siemens linear accelerators, despite 
differences in their beam qualities. This implies that the diode specific correction factors are 
highly transportable between different beams and different institutions. It also suggests that 
diode specific correction factors could be calculated with a mathematical relation by 
measuring the FWHM of a small field and applying Equation 6.3 with the relevant parameters 
listed in Table 6.2. While a mathematical relation cannot replace measurements made by 
water equivalent detectors or MC modelling, it is feasible method for the additional validation 
of small field measurements. 
  
Chapter 6 – A predictive mathematical relation of diode correction factors 
 
 138 
 
 
 
 
Figure 6.9 The percentage over-response of the IBA SFD diode as a function of 
the nominal field width for conventional linear accelerators. The dotted line 
represents the mathematically predicted percentage over-response based on the 
data in Figure 6.7, uncorrected for diode volume averaging and using nominal 
field sizes. 
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Figure 6.10 The percentage over-response of PTW Type E diodes as a function of 
the nominal field width for conventional linear accelerators. The dotted line 
represents the mathematically predicted percentage over-response based on the 
data in Figure 6.7, uncorrected for diode volume averaging and using nominal 
field sizes. 
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Figure 6.11 shows the percentage over-response published in the literature for 
Cyberknife linear accelerators compared to the modified mathematical relation. Although 
Lechner et al (2013) showed that the removal of the flattening filter does not significantly 
alter the over-response of unshielded diodes, Figure 6.11 shows that for Cyberknife systems, 
the diode over-response is lower than that for conventional linacs at the same field sizes.  
A possible cause of the lower relative over-response in Cyberknife systems is the size 
of the machine specific reference field. In the publications listed in Table 6.3, diode specific 
corrections factors for Cyberknife systems are calculated using the largest cone size (nominal 
field width of 60 mm) as the machine specific reference field. When unshielded diodes are 
used in large fields, an over-response is observed due to the increased dose deposited by low 
energy scattered electrons. For example, an over-response of 1.0% with the PTW 60012 diode 
and 1.8% with the SFD diode in a 60 mm MLC field was measured by Ralston et al (2012) 
measured. Equation 5.1 and Equation 6.2 show that an over-response measured at the 
machine specific reference field would translate to an equal percentage reduction to the diode 
specific correction factor and thus a lower calculated over-response, such as in Figure 6.11. 
Additional differences between conventional linear accelerators and Cyberknife systems, for 
example in the energy spectrum, beam profile or removal of the flattening filter may also 
contribute to the changes in diode behaviour. 
While the diode over-response in Cyberknife systems cannot be equated with that of 
conventional linear accelerators at the same field size, Figure 6.11 shows that behaviour of 
diode detectors in Cyberknife systems can still be accurately predicted. For example, an 
exponential relation fitted to the published Cyberknife data (with parameters A = 0.094 and B 
= 0.185) results in an average percentage deviation of 0.37% in fields above 5 mm. At these 
field sizes, 94% (44 out of 47) of measurements differed by less than 1% to their predicted 
values. As with conventional linear accelerators, the close agreement of percentage over-
response between publications suggest that the transportability of diode specific correction 
factors between Cyberknife systems is high. 
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Figure 6.11 The percentage over-response of PTW Type E diodes as a function of 
the nominal field width for Cyberknife linear accelerators. The dotted line 
represents the mathematically predicted percentage over-response based on the 
data in Figure 6.7, uncorrected for diode volume averaging and using nominal 
field sizes. The solid line represents the fit to all data points published Cyberknife 
corrections. 
6.5 Summary 
In this Chapter, we have developed a mathematical relation to predict the small field 
correction factors for diode over-response. The relation is convenient for clinical use as it 
contains only two configuration inputs (the type of diode and the FWHM). The mathematical 
relation loses accuracy in fields of 5 mm and smaller, where measurement uncertainties of the 
output factor and FWHM combine with the high gradient of the exponential curve. For fields 
greater than 5 mm the mathematical relation for all diodes tested were found to be 
transportable between beam configurations that included linac type (Varian Novalis, Elekta 
Synergy, Siemens Oncor), measurement depth and type of collimation (cones or MLCs). This 
is further supported when using the mathematical relation to analyse available data in the 
literature. Diode correction factors published in the literature for conventional linacs were 
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found to fit well with a mathematical relation. The Cyberknife system requires the 
mathematical relation to be fitted separately, but the correction factors can be predicted to the 
same accuracy. 
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7) 4 
CHAPTER 7 
Real-time readout 
for array dosimetry 
 
The water equivalent nature of scintillation dosimeters allows individual dosimeters to 
be closely spaced and therefore enables the construction of  scintillation dosimeter arrays with 
high resolution (Aoyama et al 1997, Archambault et al 2007, Bartesaghi et al 2007, Lee et al 
2008). Monte Carlo simulations and experimental studies have shown that when scintillator 
elements are densely packed next to each other, the dose deposited to neighbouring 
scintillator is not perturbed and amount of scattered radiation is unaffected relative to water 
(Naseri et al 2010, Wang and Beddar 2011). 
Array dosimetry in real-time with high spatial and temporal resolution has many 
applications in treatment verification of external beam radiotherapy as well as dose mapping 
and source tracking in brachytherapy (Cartwright et al 2010). However, the practical 
implementation of such an array requires a photodetector capable of measuring light signals 
from a large number of scintillator elements. The photodetector would also need to have fast 
readout capability and high SNR for low light signals. Recent scintillation dosimeter arrays 
use either photodiodes (Therriault-Proulx et al 2011b) or a CCD camera (Lacroix et al 2010) 
as the photodetector. A scintillation array using photodiodes requires one photodiode for each 
channel and the response of the photodiodes is dependent on the temperature of the system 
(Letourneau et al 1999). CCD cameras have sensors with a large surface area, which allows 
many optic fibres to be interfaced via a single objective lens. The sensitivity of CCD cameras, 
however, is relatively low and long acquisition times are usually required to obtain a precise 
signal (Archambault et al 2006), reducing the overall temporal resolution. Electron 
multiplying CCD (EMCCD) cameras have been used to amplify the signal and overcome the 
low sensitivity of CCD cameras and reduce the acquisition time. 
Photomultiplier tubes (PMT) have high SNR and a readout speed that avoids many of 
the sensitivity issues of CCD-based systems. PMTs are also much more effective in 
accurately measuring low light signals. Despite the favourable characteristics of PMTs, their 
use in array systems has been limited. This is because each element of an array requires a 
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separate photocathode/anode and a separate electrometer channel to read the current. The 
advent of multianode PMTs in which many photocathodes and anodes are located in a single 
envelope (Hamamatsu Photonics K.K., Shizuoka, Japan) together with the development of 
fast multi-channel electrometers (Vertilon Corporation, Massachusetts, US) has opened up the 
possibility of using PMTs for array dosimetry. 
In this chapter, we design, build and test a readout system based on a multianode PMT 
and a multi-channel data acquisition system. The aim of this PMT array system is to improve 
on the dosimetric accuracy and acquisition speed of scintillation dosimetry arrays. The 
advantages of a PMT array system compared to existing CCD and EMCCD readout systems 
in light sensitivity and readout speed as well as other performance characteristics of the 
system are measured. The clinical viability of a scintillation dosimeter array with a PMT 
readout was validated by performing real-time dosimetry for a HDR brachytherapy treatment 
and measuring the dose per pulse from a linear accelerator in external beam radiotherapy. 
7.1 Optical readout systems for arrays 
7.1.1 CCD camera 
 A CCD camera is the simplest photodetector for an array of scintillation dosimeters 
and their implementation in array dosimetry has been well documented in the literature 
(Archambault et al 2007). A CCD sensor consists of a densely packed array of metal-oxide 
semiconductor (MOS) capacitors under a layer of photosensitive silicon. When photons strike 
the photosensitive layer of the sensor, electrons generated by the photoelectric effect are 
stored in the MOS capacitors. The number of electrons generated, and thus the charge stored, 
is proportional to the intensity of light. A shift register digitizes the image by transferring the 
charge in one MOS capacitor to a neighbouring MOS capacitor, allowing the sensor to be 
read one MOS capacitor (representing one image pixel) at a time. 
Figure 3.5 shows a single scintillation dosimeter coupled to a CCD via a fixed lens. 
The advantage of using a CCD camera is that a large number of dosimeters can be coupled in 
a similar method, shown in Figure 7.1. Dosimeters can also be coupled directly to the sensor 
without a lens for an improved signal (Lacroix et al 2010). Each frame that is acquired by the 
CCD, for example in Figure 7.2, will contain the light signal from multiple dosimeters. Each 
dosimeter can be separated by selecting relevant region of interests. Image processing can 
also be applied to reduce the noise from the sensor (Archambault et al 2008) and to correct 
for optical defects such as lens vignetting. 
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While a CCD camera can measure the signal from large number of detectors, there are 
a number of disadvantages. The performance of the CCD is dependent on the temperature of 
the sensor. While most CCD cameras are cooled, this means that the camera has a warm-up 
period before the sensor becomes stable. Figure 7.3 shows the dark pixel values and sensor 
temperature measured on the Apogee U2300C CCD camera used in Chapter 3 as a function 
of time after the camera is turned on. In the first hour, the dark background signal increased 
by 9.7%. In this period, the camera cannot be used to take measurements due to a progressive 
increase in the CCD sensor temperature, which leads to a progressive increase in dark pixel 
values, which would lead to a miscalculation of dose. This warm up period is a common 
characteristic of CCD cameras and has also been reported by Cartwright et al (2010). 
 
 
Figure 7.1 Photograph of the Apogee CCD camera. 16 scintillation dosimeters 
couple into the system via the FC connectors shown with green caps. The optic 
fibres from these connectors are interfaced to a lens with fixed focal length. 
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Figure 7.2 A single frame of the Apogee CCD camera using the setup shown in 
Figure 7.1. The resulting light signal from 16 scintillation dosimeters can be seen. 
The magnitude of the light signal, and thus the dose, is measured by selecting a 
region of interest each group of pixels and is described in Figure 3.7. Adapted 
from Cartwright et al (2009). 
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Figure 7.3 The dark pixel values and sensor temperature of the Apogee CCD 
camera for the first 3 hours following the camera being turned on (at time = 0). 
 Following this initial warm-up period, the CCD temperature stabilizes. The increase in 
the dark pixel values of the CCD over the next three hours was 1.4%. However, the dark 
value of the Apogee colour camera can still drift due to temperature variations in the sensor, 
which affects the overall speed with which the camera can be used, as well as increasing the 
overall measurement uncertainty. Figure 7.4 shows an example of dark value drift that occurs 
during a series of ten 0.5 s exposures. The dark background value shown in the figure drifted 
to a value two to three times larger than the signal itself. To overcome this, the acquisition 
time needs to be of adequate length to ensure that the signal is sufficiently large compared to 
the change in dark value. If possible, a background reading should be also taken immediately 
before and after each exposure to ensure an accurate dose measurement. 
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Figure 7.4 A series of 0.5 s measurements acquired over a period of 750 s on the 
Apogee CCD camera. In this case, the magnitude of the drift in background signal 
(-25000) is significantly larger than the size of the signal (less than 10000) 
indicated by the 10 labelled peaks. The background value (approximated by the 
red line) must be measured and subtracted prior to each reading to ensure an 
accurate measurement. 
7.1.2 EMCCD camera 
An electron multiplying charge-coupled device (EMCCD) is a technology that can be 
used to overcome the low light sensitivity of a CCD camera. An EMCCD camera consists of 
a gain register placed between the shift register and the output amplifier in a regular CCD 
camera. The gain register contains a large number of stages (> 500), each with a probability 
(~ 2%) of electron multiplication that allows for a large magnitude of gain to be achieved. As 
the gain register is located prior to the output amplifier, the multiplication of electrons occurs 
before readout noise is increased by the amplifier. Therefore, the SNR of an EMCCD camera 
is much higher than a standard CCD. During operation of an EMCCD camera, the system 
must be extensively cooled (up to -80oC) as any electrons thermally generated in the sensor 
will also be amplified by the gain register (Soesbe et al 2010). Though more expensive than a 
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CCD camera, an EMCCD camera allows many scintillator signals to be measured at once 
while overcoming the sensitivity limitations of a traditional CCD camera. 
7.1.3 Photomultiplier tube array 
 Photomultiplier tubes are vacuum tubes that function as highly sensitive 
photodetectors. Photomultiplier tubes consist of a photocathode, several dynodes and an 
anode enclosed within a glass envelope. When photons strike the photocathode, electrons are 
generated through the photoelectric effect. The electrons are multiplied through the series of 
dynodes through the process of secondary emission (shown in Figure 7.5). The magnitude of 
electron multiplication is dependent on the voltage bias applied across each dynode. The 
resulting secondary electrons are measured by the anode as a current. 
 
 
Figure 7.5 A schematic diagram showing the internal structure of a multianode 
PMT. An example of the electron multiplication process for a single channel 
across 7 dynode stages is also shown. 
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A photomultiplier tube array, also known as a multianode PMT, consists of a number 
of photomultiplier tubes enclosed within a single housing. Within this housing are a series of 
photocathodes and anodes with a specialized dynode structure for multiple channels, shown 
in Figure 7.1. The dynode structure allows the PMT array to remain small in size. For 
example, the PMT array shown in Figure 7.6 measures 54 mm in width and 24 mm in height. 
PMT arrays are available in up to 128 channels and while a CCD sensor will allow more 
channels to be coupled to the sensor, the PMT array allows for array light detection with 
higher sensitivity and lower noise. 
 
 
 
Figure 7.6 Photograph of the Hamamatsu H7260 multianode PMT array used in 
this chapter. The 32 channels of the array can be seen on the PMT’s glass faceplate. 
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7.2 Materials and methods 
 
Figure 7.7 A schematic diagram of the photomultiplier array system. The system 
consists of (1) external case; (2) inner housing; (3) sensor interface board; (4) 
multianode PMT; (5) interface optic fibres; (6) an array of scintillation dosimeters; 
(7) extension fibres; (8) high voltage supply cable; (9) data cable; (10) 
multichannel data acquisition system and (11) USB connection to PC. 
7.2.1 Multianode PMT and data acquisition system 
The PMT array system characterised in this Chapter is schematically shown in Figure 
7.7. The prototype array in this chapter can be used with up to 16 dosimeter elements 
(labelled No. 6 in Figure 7.7). Each dosimeter is connected to the PMT array system via an 
extension fibre (No. 7) that is sufficiently long to carry the scintillation signal from the 
radiation generator to the console area of the treatment unit. Extension fibres of this length 
allow for convenient operation of the dosimetry readout system and prevents damage to 
electronic components. Each extension fibre is connected to a short interface optic fibre (No. 
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5), which sends the signal to the multianode PMT (No. 4). At each connection, there is a 
known loss of signal (Beddar et al 2003), however this modular design permits the 
interchange of dosimeter arrays for specific clinical applications. For example, scintillation 
dosimeters for brachytherapy can be easily switched to an array of air core dosimeters for 
external beam dosimetry. 
The multianode PMT used in this system is the Hamamatsu H7260-01, a linear array 
PMT with 32 channels (Figure 7.6) which contains a multialkali (Sb-Na-K-Cs) photocathode 
and metal channel dynodes with 10 stages. The PMT has high sensitivity over a wide spectral 
range, with peak efficiency at 420 nm and was selected to match the peak emission 
wavelength from the BC-400 scintillator (also 420 nm) used in the scintillation dosimeters. 
The multianode PMT is mounted on a PMT Sensor Interface Board (SIB, Vertilon SIB032D, 
No. 3) that provides mechanical and electrical connectivity to a multichannel data acquisition 
system (Vertilon PhotoniQ IQSP482, No. 10). The PhotoniQ system is made up of 4 
independent banks of 16 charge collection channels and data acquisition channels. These 
channels accept data from two separate SIBs for a total of 64 channels. When triggered from 
either an internal or with an external source, the PhotoniQ system integrates and digitizes the 
charge signals independently for each bank of channels. Once processed, the data is 
transmitted to a personal computer for recording and display. 
The PhotoniQ system also supplies the high voltage (HV) bias to the PMT array that 
controls the gain. The HV is set depending on the type of dosimeter, the irradiation conditions 
and the expected dose rate range. For a scintillation dosimeter fitted with a 4 mm scintillator 
as described in Section 3.3.1, a HV setting of 600 V is used (a gain of approximately 7 × 104). 
When the PMT array system is used with a 1 mm length air core dosimeter, as in Chapter 5, a 
HV setting of 780 V is used, corresponding to a gain of 8 × 105. At a maximum HV setting of 
900 V, the gain of the PMT is approximately 2 × 106. 
During use, the PMT array system is monitored using customized software written in 
LabVIEW, shown in Figure 7.8. The LabVIEW software displays the charge recorded from 
multiple channels of the PMT array system in real-time, each representing the light signal 
from a scintillation dosimeter. The software can also correlate the measured charge for each 
channel to the dose absorbed by the scintillator by subtracting the constant dark current and 
correcting each channel for variations in sensitivity using a predetermined calibration 
coefficient. 
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Figure 7.8 Screenshot of the LabVIEW software simultaneously measuring the 
light signal from 16 channels of the PMT array in real-time. 
 
7.2.2 Detector housing 
As the PMT array is a sensitive photodetector, care must be taken to eliminate 
extraneous light. Any light leakage in the housing of the PMT array will compromise the 
measured signal. To prevent this, the PMT, its interface board and other components of this 
system are enclosed in two light-proof housings. The first housing is a black Perspex box, 
containing the multianode PMT and the interface board (No. 2). The black box was carefully 
machined to prevent light leakage at the necessary entrance points of the HV cable, the 
interface board data cable and the interface optic fibres. As light leakage may still occur at the 
seams of the box or at these connections, the Perspex housing itself is housed in an external 
light-proof case (No. 1). The external case is made from hardened plastic and contains an O-
ring seal with a black felt baffle to prevent light leakage. When used in typical experimental 
and clinical conditions, this dual housing technique was found to prevent all extraneous light 
from entering the PMT detector. The external case is also equipped with handles and clips for 
easy access as required in the clinic. 
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Figure 7.9 A photograph of the external case for the PMT array. The multianode 
PMT unit and the SIB are located in the Perspex inner housing. The inner housing 
contains 32 connectors for extension fibres, 8 of which can be seen here. 
 
7.2.3 Photodetector sensitivity comparison 
The sensitivity of the photodetector can be quantified by its signal-to-noise (SNR) ratio 
at a particular acquisition time. Photodetectors with a relatively lower sensitivity will require 
longer acquisitions to achieve the same SNR as a photodetector with higher sensitivity. In 
CCD sensors, the increase in SNR with acquisition time will be ultimately be limited by 
thermal noise in the sensors. 
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Figure 7.10 A single scintillation dosimeter stimulated with a constant UV light 
source. The UV light is passed through an optic fibre and directed onto the 
scintillator to prevent UV light leaking into the scintillator. This set up was used to 
test the characteristics of the PMT array system as well as compare it to other 
photodetectors. 
The sensitivity and acquisition speed of the PMT array system was compared to 
photodetectors used in existing scintillation array system using a UV stimulated scintillator, 
shown in Figure 7.10. A single scintillation dosimeter was exposed to a constant light source 
from an ultraviolet light emitting diode (UVLED) that was adjusted in power to give a signal 
comparable in magnitude to signal expected during clinical use. This method ensured all 
measurements are made with a signal of similar intensity and wavelength spectrum as in the 
clinical application. The UV stimulated scintillator was coupled into three photodetectors: the 
PMT array system, the Apogee Alta U2000C CCD camera (Apogee Imaging Systems, 
California, US) and the Hamamatsu C9100-12 EMCCD camera. For each system, 10 
measurements were taken of a light signal equivalent to approximately 1 cGy s-1 at a range of 
acquisition speeds from 0.1 s to 10 s. The PMT array system was operated at a constant 
acquisition time of 95 ms and all measurements were made with a HV bias of 600 V. Longer 
acquisitions were acquired by integrating readings over the desired length of time. The 
acquisition time for the CCD and EMCCD cameras were controlled using their respective 
software interfaces. The dark current of each system was measured and subtracted prior to 
each measurement to account for the thermal noise and background drift of the sensor shown 
in Figure 7.4. The measurement uncertainty at each acquisition speed was calculated by 
taking the standard deviation of these readings and used as an indication of the photodetector 
sensitivity. 
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7.2.4 PMT array system characteristics 
 The UVLED setup shown in Figure 7.10 was also used to quantify a range of 
characteristics for the PMT array system. The reproducibility of the PMT was measured by 
taking 10 repeat readings of the same incident scintillation signal with an acquisition time of 
10 s and a continuous HV supply. As the gain of the PMT is highly dependent on the stability 
of the HV supply (Hakamata 2006), 10 readings were also taken after powering off the HV 
supply for 5 minutes between each reading.  
The channel uniformity of the PMT array system was measured by sending an identical 
scintillation signal into each channel of the PMT array system via a single extension fibre. 
The channel uniformity was quantified as the ratio of signal in the channel of maximum 
sensitivity to the signal in the channel of minimum sensitivity as well as the average ratio of 
each channel to the average signal across all channels. 
The total crosstalk of the PMT array system was determined by illuminating a single 
channel and measuring the signal in neighbour channels and next-neighbour channels, as a 
percentage of the magnitude of the original signal. The total crosstalk of the PMT array 
system will be comprised of an optical crosstalk component and an electron crosstalk 
component. The optical crosstalk component arises from the light signal refracting and 
diffracting into neighbouring channels at the interface between the optic fibre and the 
faceplate of the PMT. The electron crosstalk component consists of electrons moving from 
one series of dynodes within the PMT array dynode structure (Figure 7.5) into a neighbouring 
series of dynodes. The existence of the electron crosstalk was identified by measuring the 
variation in crosstalk with increasing HV bias as electrons that move to neighbouring diodes 
will be multiplied depending on the gain. 
The warm-up time of the PMT array system was measured by recording the dark values 
for a single channel over the first hour immediately following the activation of the HV bias. 
The dose linearity of the PMT array system was tested under a 6 MV X-ray beam from 
a Varian Novalis linear accelerator. A scintillation dosimeter was irradiated in a solid water 
phantom with 25, 50 100 and 200 MUs at a constant dose rate of 600 MU min-1, where 1 MU 
delivered 1 cGy to dosimeter. For each irradiation, the light signal measured by the PMT 
array system was integrated over the length of the irradiation and plotted against the number 
of MU delivered. 
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7.2.5 Dose mapping in brachytherapy 
To test the performance of the PMT array system in a clinical setting, an array of 16 
scintillation dosimeters was used for the dose mapping of an in vivo HDR brachytherapy 
treatment. Each dosimeter contains a 4 mm length plastic scintillator with 1 mm diameter 
(BC400) coupled to a PMMA optic fibre. The dosimeters were then connected to extension 
fibres leading out of the treatment room into the PMT array system. The scintillation 
dosimeters were placed into a rectal applicator, described by Cartwright et al (2009) and 
shown in Figure 9.3, with four scintillators positioned on each of the anterior, posterior and 
the two lateral surfaces of the rectal wall. The 16 scintillation dosimeters were read 
simultaneously with the PMT array system replacing the original EMCCD readout system 
used by Cartwright et al. 
A clinical trial using the PMT array system and rectal applicator is currently in 
progress. All gynaecological patients at this institution receiving HDR brachytherapy are 
invited to join the trial. The dose is recorded by each scintillation dosimeter in real-time 
during treatment and monitored using the custom user interface described above. For this trial, 
the PMT array system was set with an acquisition time of 95 ms and a HV bias of 600 V. 
Calibration of the array was performed prior to treatment using an 192Ir source from a 
Nucletron Microselectron HDR brachytherapy remote afterloader unit (Nucletron VB, The 
Netherlands) using the method described by Cartwright et al. The measured dose rate is 
graphed in real-time together with the integral of each channel to display the accumulated 
dose. 
7.2.6 Pulse dosimetry in external beam radiotherapy 
The speed and sensitivity of the PMT array system was demonstrated by measuring the 
dose per pulse delivered from a Varian Novalis linear accelerator. A scintillation dosimeter 
was placed in a solid water phantom and irradiated with a 6 MV X-ray beam at the centre of a 
50 mm × 50 mm field and at a depth of 15 mm. The linac was calibrated to deliver a dose of 1 
Gy per 100 MUs to the isocentre of a 100 mm × 100 mm field at a depth of 15 mm. 20 MU 
were delivered at dose rates of 100 and 300 MU min-1 and 50 MU were delivered at 600 MU 
min-1 and 1000 MU min-1. The acquisition time was set at 1.38 ms to match the 360 Hz pulse 
frequency of the linear accelerator and the HV was set at 600 V. Internal triggering was used, 
which introduces a potential dead time of up to 7 µs at the end of each acquisition. Calibration 
was performed by integrating the measured signal over the whole irradiation and dividing by 
the dose delivered. 
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7.3 Results and discussion 
7.3.1 Photodetector sensitivity comparison 
 
Figure 7.11 The measurement uncertainty of a CCD camera, an EMCCD camera 
and the PMT array system in measuring an identical incident signal (equivalent to 
approximately 1 cGy s-1) at a range of acquisition times. 
Figure 7.11 shows the measurement uncertainty for three array photodetectors as a 
function of the acquisition time. The measurement uncertainty is an indication of the SNR 
and thus the sensitivity of each detector. The low noise characteristic of the PMT array 
system allows it to obtain a measurement uncertainty of 0.54% for a 0.1 s acquisition that 
improves as the acquisition time increases. Figure 7.11 shows that for all acquisition times, 
the PMT array system outperforms the CCD and EMCCD systems. The CCD camera 
performs poorly for low light signals and requires long acquisition times to obtain a precise 
signal. The EMCCD performs well in low light situations, obtaining an uncertainty of better 
than 1% for a 0.5 s acquisition. However, as the acquisition time is increased, the dark current 
noise in the sensor increases, limiting the improvements in SNR. Relative to the PMT array, 
the dark current noise in the CCD and EMCCD systems is higher at all acquisition times, 
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resulting in higher measurement uncertainty. For example, in a 1 s acquisition, the uncertainty 
in the dark current (1 standard deviation) is 3.96% of the incident signal for the CCD camera, 
0.74% for the EMCCD camera and only 0.02% for the PMT array. 
The low dark current, sensitivity and acquisition speed of the PMT array system is a 
major advantage over CCD based systems. The PMT array enables shorter integration times 
without reducing the SNR with consequent increase in dose uncertainty. The increased 
sensitivity permits the use of smaller scintillators, further improving the spatial resolution of 
fibre optic dosimetry arrays. It also permits the use of a longer length of the extension optic 
fibre with the same acquisition time, allowing the PMT array system to be located outside the 
treatment bunker. The sensitivity of the PMT array system compensates for the additional 
attenuation of the signal in the longer optic fibre. Furthermore, the dead time between 
acquisitions where the PMT array system is not acquiring a signal is 7 µs (less than 0.01% for 
the acquisition time of 95 ms). The very short dead time reduces the possibility of errors in 
situations with rapid temporal dose variations or high dose rates. 
7.3.2 Reproducibility, warm-up and dose linearity 
The PMT array system showed good reproducibility with a continuous HV supply. The 
standard deviation of 10 readings was 0.13%. Interruption of the HV supply between each of 
10 readings did not affect the reproducibility. The linearity between the dose delivered to the 
scintillator and the accumulated charge measured by a single channel of the PMT array 
system is shown in Figure 7.12. In the range of monitor units delivered, the system shows 
excellent linearity with a coefficient of determination (R2) value of 1.00. 
Unlike the Apogee CCD camera, the PMT array system was found to have no 
significant warm-up period. Figure 7.13 shows the dark background signal of the PMT array 
system measured for the first hour after the system and the HV bias is turned on. The dark 
background signal decreases in the first 10 minutes, before stabilizing at a consistent value of 
-1 pC. Note that the raw signal from an air core dosimeter with a 1 mm scintillator at a high 
voltage setting of 600 V is in the range of 400 to 1500 pC. The small decrease in background 
in the initial 10 minute period will have no effect on the dose measured as it is several orders 
of magnitude smaller than the signal. 
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Figure 7.12 Dose linearity of the PMT array system. The raw signal measured by 
the PMT array varies linearly with the dose deposited to the scintillator, 
represented by the dotted line of best fit, with an R2 value of 1.00. 
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Figure 7.13 The dark background signal of the PMT array system for the first hour 
after being turned on. The change in signal during this period is several orders in 
magnitude smaller than the scintillation signal. 
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7.3.3 Channel uniformity 
 
Figure 7.14 The signal measured in each channel of the PMT array system for the 
same light signal, normalized to the most sensitive channel. Odd numbered 
channels in the PMT array were not used to prevent channel crosstalk. 
The measured signal for each channel for an identical UV stimulated scintillation 
signal is shown in Figure 7.14. The maximum to minimum signal ratio of the PMT array was 
found to be 2.3:1. The average ratio was found to be 1.7:1. The observed channel-to-channel 
variations are higher than the average ratio reported by Hamamatsu (1.2:1) for linear 
multianode PMTs for a strictly uniform illumination of the photocathodes (Hakamata 2006). 
Non-uniformity in the PMT array system is increased by optical variations in the interface 
optic fibres (labelled 5 in Figure 7.7) that combine with gain variations in the dynodes within 
the multianode PMT. Non-uniformity of channels is accounted for when the PMT array is 
calibrated before clinical use. 
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7.3.4 Channel crosstalk 
 
Figure 7.15 Typical crosstalk measured by the PMT array system with scintillation 
light incident on Channel 4. Channel 3 and Channel 5 are not used in the system 
due to crosstalk. 
The crosstalk from the signal channel spilling into a neighbour channel is from 10% to 
20% and into a next-neighbour channel is from 1% to 2% for the system tested. For example, 
when a signal is incident on Channel 4, the measured signal in Channels 1 to 7 is shown in 
Figure 5. To minimise errors in the measured dose arising from crosstalk, neighbour channels 
3 and 5 were not used and next-neighbour channels 2 and 6 were used instead. The 1% to 2% 
next-neighbour crosstalk can still cause errors in dose if unaccounted for. The magnitude of 
crosstalk was found to vary linearly with the incident signal and its contribution, therefore, 
can be mathematically subtracted. 
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Consider a situation where Channels 2, 4 and 6 all receive signals. The correction for 
the crosstalk into Channel 4 is performed as follows: 
Channel 4corrected =  
Channel 4raw – (Channel 2raw × 0.0105 + Channel 6raw × 0.0154) (7.1) 
where a percentage crosstalk of 1.05% ± 0.02% is received from Channel 2 and 1.54% ± 
0.07% is received from Channel 6. The percentage crosstalk from next-neighbour channels 
was evaluated for all channels to allow for crosstalk subtraction. The uncertainty introduced 
by the subtraction process is mainly dependent on the accuracy to which the percentage 
crosstalk is known and is estimated to be in the range of 0.3%. This consists of 0.2% 
uncertainty in the magnitude of percentage crosstalk for each channel and 0.1% in the 
measurement uncertainty of each signal each channel, added in quadrature. 
Figure 7.16 shows that the magnitude of crosstalk for an identical incident signal 
changes as the gain of the PMT is increased. Since the optical crosstalk conditions are not 
changed, any variation with bias voltage shows the presence of electron crosstalk. The results 
in Figure 7.16 show that electron crosstalk exists, though it makes only a small contribution 
to the overall crosstalk. An increase in the bias from 500 V to 850 V represents an increase in 
gain of 2 orders of magnitude, yet the change in crosstalk is just 1.7%. 
 The magnitude of crosstalk measured (up to 20% in neighbouring channels) is higher 
than typical values reported by Hamamatsu for a linear array multianode PMTs (3% for 
neighbouring channels) (Hakamata 2006). The use of next-neighbour channels in the PMT 
array system meant that crosstalk was not a major problem in the applications described in 
this Chapter. However, modifications could be made to reduce crosstalk such that every 
channel of the PMT array system to be utilised or the need to perform crosstalk subtraction 
could be remove. As the majority of the crosstalk is optical, a tighter coupling between the 
PMT faceplate and the optic fibre would reduce the crosstalk to reported values. The use of 
silicone oil as a coupling material between the optic fibre and the glass faceplate would also 
reduce crosstalk and minimize optical loss at this interface. A further reduction in the 
magnitude of crosstalk could be achieved through the use of a low-crosstalk multianode PMT. 
Low-crosstalk multianode PMTs use a modified faceplate with black glass partitions to 
reduce the optical crosstalk and a dynode structure with wall shields to reduce the electron 
crosstalk. With these modifications, the crosstalk in neighbour channels can be reduced to 
0.5% (Hakamata 2006), though this would come at the cost of reduced signal transmission 
(Shao et al 1997).  
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Figure 7.16 Average crosstalk in adjacent channels as a function of the bias 
voltage applied to the multianode PMT. The gain of the PMT is approximately 104 
at -500 V and 106 at -850 V. The small decrease in crosstalk over this range 
suggests that electron crosstalk exists in the dynode structure of the PMT, but the 
majority of crosstalk is due to optical crosstalk. The error bars represent 1 standard 
deviation of measurement uncertainty. 
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7.3.5 Brachytherapy 
Figure 7.17 shows the information that is displayed to the clinician during an HDR 
brachytherapy treatment using the rectal applicator and the PMT array system. The dose rate 
and the accumulated dose to each scintillation dosimeter was monitored in real-time at a 
sampling rate of 10 Hz. Cartwright et al (2010) performed a similar measurement of a 
simulated brachytherapy treatment with an EMCCD camera with an acquisition time of 1 s 
(corresponding to a measurement uncertainty of 0.96% from Figure 7.11) and reported a 
combined uncertainty of between 2% and 3%, with good agreement between the measured 
dose and that from the treatment planning system (TPS). The acquisition time of the PMT 
array system for Figure 7.17 was 0.1 s, resulting total uncertainty in dose rate of 0.57%, 
including uncertainties in measurement, calibration and crosstalk subtraction. In addition to 
improved dosimetric accuracy, the faster sampling rate of the PMT array system allows the 
changes in dose rate resulting from patient movement and the dose spike arising from the 
retraction of the HDR source into the safe on completion of treatment (the transit dose), 
which occurs at the time of 705 s in Figure 7.17A, to be resolved.  
In the unusual circumstance where the source has a dwell position very close to the 
optic fibre but distant from the scintillator, the Cerenkov background signal relative to the 
scintillation signal may no longer be insignificant (Cartwright et al 2010, Therriault-Proulx et 
al 2011a, Therriault-Proulx et al 2011b). Though this case is not normally encountered in 
clinical experience, the Cerenkov background suppression methods described in Chapters 3 
and 4 can be implemented when it does occur. 
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Figure 7.17 The dose rate (A) and the accumulated dose (B) acquired with 4 
scintillation dosimeters in the rectal applicator during a simulated brachytherapy 
treatment using a Nucletron Microselectron afterloader. Anterior 1 and 2 refer to 
dosimeters at the anterior side of the rectal wall and Posterior 1 and 2 refer to 
dosimeters at the posterior side. There are 16 dosimeters in the rectal applicator 
and only 4 are shown here for clarity. 
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7.3.6 Pulse dosimetry in external beam radiotherapy 
 
 
 
Figure 7.18 The dose per pulse measured by the PMT array system on a Varian 
Novalis linear accelerator operating at dose rates of 100, 600 and 1000 MU min-1 
(top, middle and bottom respectively). 
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Figure 7.18 demonstrates the temporal resolution that can be achieved with the PMT 
array system. The sensitivity of the system allowed the scintillation signal generated by a 
single pulse of the Varian Novalis to be measured. For an acquisition time of 1.38 ms and a 
maximum dead time of 7 µs, the uncertainty in the measured dose per pulse is 1.26%. Figure 
7.18 shows that the PMT array system is able to discriminate between the different pulse 
repetition patterns of each dose rate. The Varian Novalis operates with a constant trigger 
frequency of 360 Hz. At a dose rate of 600 MU min-1, each trigger from the linear accelerator 
delivers one pulse of radiation. At a lower dose rate of 100 MU min-1, several triggers are 
skipped to reduce the number of monitor units delivered, however, the dose per pulse remains 
constant. At the high dose rate of 1000 MU min-1, which is used for stereotactic treatments, 
the pulse frequency matches that at 600 MU min-1, but the dose per pulse is higher due to the 
smaller flattening filter used by the linear accelerator. The PMT array system also detected a 
short gap of 23.8 ms in the pulse pattern, which occurs 65.4 ms after the initial pulse. This 
gap is consistent in each irradiation and is specific to the Varian Novalis operating at this dose 
rate, but does not affect the overall dose delivered. 
Table 7.1 shows the dose per pulse measured at different dose rates. These values agree 
with that reported by Beierholm et al (2011), who used single PMT detectors triggered from a 
Varian linac to record the pulses. These values also agree with the expected dose per pulse 
calculated by dividing the dose rate delivered by the pulse frequency (0.278 mGy for dose 
rates up to 600 MU min-1 and 0.465 mGy for a dose rate of 1000 MU min-1). With the PMT 
array system, even without triggering from the linac, a faithful record of the time 
development of the pulses was measured. However, for critical measures of dose per pulse, 
the PMT array system can be triggered from the linac, eliminating the 7 µs dead time. Pulse-
by-pulse array dosimetry would be beneficial in treatment modalities such as volumetric arc 
therapy and stereotactic radiosurgery where changes in dose rate occur spatially and 
temporally.  
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Table 7.1 The dose per pulse measured with the PMT array system, averaged over 
this constant region of the irradiation. The expected dose per pulse is based on the 
time taken deliver the set number of MUs and the known pulse frequency of 360 
Hz. 
Dose rate 
(MU min-1) 
Dose per pulse 
(mGy) 
100 0.279 ± 0.004 
300 0.279 ± 0.004 
600 0.278 ± 0.003 
1000 0.465 ± 0.003 
 
7.4 Summary 
The PMT array system designed in this Chapter provides new capabilities to 
scintillation dosimetry. It allows for the readout of multiple scintillation signals in a single 
unit that is well suited for use in a clinical environment. Optical crosstalk occurs between 
channels, but can be readily corrected for. The array provided superior SNR and 
reproducibility compared to CCD based readout systems, in particular when operated at fast 
sampling rates. The fast sampling rate combined with the lack of dead time between 
acquisitions enables rapid changes in dose rate to be accurately resolved and quantified. Two 
examples of this are: the measurement the dose delivered during source retraction in 
brachytherapy and the measurement of individual pulses of a linear accelerator beam. The 
sensitivity of the system permits scintillators to be smaller and more densely packed without 
compromising dosimetric accuracy. Therefore, the PMT array system improves both the 
spatial and the temporal resolution achievable in dosimetry applied to clinical practice. 
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8) 4 
CHAPTER 8 
Linear array dosimetry 
using square air core waveguides 
 
The verification of complex treatments such as IMRT and SRS requires dosimetry with 
high spatial resolution due to the presence of the high dose gradients. Spatial information 
concerning these fields can be obtained in a number of ways. A single point dosimeter, such 
as an ionization chamber or a diode, can be moved within the radiation field to measure the 
dose at different points. Though this process can be automated with a motorised water tank, it 
is time consuming and has the potential to miss areas of the radiation field with unexpectedly 
high or low dose (hot or cold spots). Radiographic and radiochromic films are commonly 
used to obtain spatial information with high spatial resolution (Childress et al 2005). However, 
films have a disadvantage of a relatively high measurement uncertainty and are labour 
intensive due to the need for calibration and repeat measurements (Aspradakis et al 2010, 
Cusumano et al 2015). Furthermore, the necessary delay between irradiation, scanning and 
readout also prevents their use in real-time dosimetry. 
Dosimeter arrays can simplify the process of obtaining spatial information for complex 
fields. Current commercially available dosimeter arrays consist of conventional dosimeters, 
typically small ionization chambers or diodes, which have been redesigned in a 2- or 3-
dimensional array configuration. Compared to film, these arrays have the capability of 
measuring the dose distribution with a single irradiation and with immediate readout. 
Dosimeter arrays can greatly reduce the clinical workload of performing quality assurance of 
IMRT treatments. In small fields, however, the non-water equivalent nature of the detectors in 
these arrays limits their spatial resolution and can affect their dosimetric response. 
The use of scintillation dosimeters in place of ionization chambers or diodes would 
allow detector elements to be closely packed without perturbation of the radiation beam 
(Wang and Beddar 2011, Gagnon et al 2012, Naseri et al 2012). An array of scintillation 
dosimeters would provide real-time measurements with a spatial resolution that cannot be 
obtained using current dosimeter arrays. Additionally, the accurate response of scintillation 
dosimeters in small fields, shown in Chapter 5, would avoid the need for correction factors. 
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The aim of this chapter is to demonstrate the feasibility of a scintillation dosimeter 
array based on air core waveguides. We report on the design, construction and performance of 
a prototype linear scintillation array built from Perspex with 16 square air core waveguides. 
The dosimetric array was tested under a megavoltage radiation beam to measure the beam 
output factors, percentage depth dose and dose profiles. 
8.1 Limitations of commercially available dosimeter arrays 
Table 8.1 summarises the salient characteristics of some of the most commonly used 
dosimeter array systems currently commercially available. The use of ionization chambers 
and diodes means that the measurement uncertainty of these arrays is very low and a large 
number of detectors can be embedded within the array. The arrays in Table 8.1 have been 
shown to perform adequately in the verification of large IMRT and rotational fields with 
careful setup and calibration (Letourneau et al 2004, Bedford et al 2009, Feygelman et al 
2009, Korreman et al 2009). However, several limitations arise from the non-water equivalent 
nature of the detectors in these arrays. 
Table 8.1 Specifications of commercially available dosimeter arrays. The detector 
area represents the active area of the detector that faces the beam. 
 Detector 
type 
Detector 
configuration 
(Figure 8.1) 
Centre-to-
centre distance 
(mm) 
Detector 
area 
(mm2) 
Total 
number of 
detectors 
Delta4a Diode 2D biplanar 5 
(central region) 
0.79 1069 
MapCHECK 2b Diode 2D planar 7.07 0.64 1527 
ArcCHECKb Diode 2D cylindrical 10 0.64 1386 
Seven29 (Octavius)c Ionization 
Chamber 
2D planar 10 16 729 
MatriXXd Ionization 
Chamber 
2D planar 7.62 16 1020 
a ScandiDos AB, Uppsala, Sweden 
b SunNuclear Corporation, Florida, US  
c PTW, Freiburg, Germany 
d IBA Dosimetry GmbH, Schwarzenbruck, Germany  
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When used in small or composite fields, the detectors used in arrays possess the same 
limitations as in their single detector implementation, described in Chapter 5. Ionization 
chambers used in arrays will exhibit volume averaging for the smallest fields as their active 
volume is larger than the uniform region of the beam. This causes an under-reporting of the 
dose at a point of measurement and alters the shape of the beam profiles and penumbrae 
(Poppe et al 2006).  Additionally, they can be affected by the loss of CPE in small fields, 
which remove the conditions of the Bragg-Gray cavity theory and introduces beam 
perturbations caused by the dosimeters. The arrays in Table 8.1 that utilize diode detectors are 
less likely to be affected by volume averaging, however, the over-response of diodes in small 
fields will affect relative dose measurements. 
The spatial resolution of the commercially available arrays (determined by both the 
centre-to-centre distance and edge-to-edge distance between adjacent detectors) is limited by 
the non-water equivalence of the detectors and the potential for dose perturbation. At the 
spatial resolution of available dosimeter arrays, the perturbation effect of nearby detectors is 
small (Spezi et al 2005). However, should the edge-to-edge distance be reduced in order to  
increase the spatial resolution, one detector may affect the dose deposited to its neighbours. 
When the arrays in Table 8.1 are used for SRS treatments, where fields can be as small as 4 
mm in diameter, or in treatments with high dose gradients, the spatial resolution of these 
arrays is inadequate (Jursinic and Nelms 2003, Feygelman et al 2011). For example, none of 
the arrays listed have a centre-to-centre distance sufficiently small to provide more than a 
single measurement in a 4 mm wide field.  
The non-water equivalent nature of the dosimeters also prevents their use in a true 3D 
dosimeter array, which is a highly desirable tool for the verification of complex rotational 
treatments. Three of the arrays in Table 8.1 are designed to measure the dose distribution in 3 
dimensions: the Delta4, the ArcCHECK and the Octavius. However, in each case, the 3D 
dose distribution is not measured directly. Figure 8.1 shows the cross-sectional configuration 
of the dosimeter elements in these arrays. The Delta4 array consists of two orthogonal 2D 
arrays in a cylindrical phantom while the ArcCHECK consists of an array of diodes placed on 
the surface of a cylindrical phantom. The Octavius system uses a 2D array of ionization 
chambers placed in a cylindrical phantom and rotated synchronously with the gantry of the 
linear accelerator. The 3D dose distribution in these systems is then interpolated through back 
projection using the available point measurements (Sadagopan et al 2009), which can cause 
additional uncertainties for complex radiation fields (Petoukhova et al 2011). 
The ideal configuration for a 3D dosimeter array is shown in Figure 8.1. The dosimeter 
elements are located at the desired point of measurement and the 3D dose distribution can be 
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measured directly. However, it is not possible to place ionization chambers or diodes in this 
type of configuration and maintain dosimetric accuracy. The detectors furthest from the 
radiation source will be negatively affected by the large number of non-water equivalent 
detectors before it. Both ionization chambers and diodes also exhibit an angular dependence 
(Griessbach et al 2005, Yan et al 2010) that would change their response as the beam is 
rotated around the phantom. Furthermore having a large number of detectors increases the 
technical difficulty of connecting and reading out a large number of signals. 
 
Figure 8.1 The cross-sectional location of detector elements (in blue) in a 
cylindrical phantom for three commercially available dosimeter arrays compared 
to an ideal dosimeter configuration. The Delta4, ArcCHECK and Octavius systems 
interpolate the dose from their 2D biplanar, 2D cylindrical and 2D planar 
configurations, respectively. 
8.2 Square air core waveguides 
An array of scintillation dosimeters can avoid many of the limitations described above. 
The prototype linear array described in this chapter consists of an array of scintillation 
dosimeters, each coupled to an air core waveguide that transports scintillation light through 
the primary megavoltage radiation beam. However, unlike the cylindrical silica air core 
waveguides used in the single dosimeters of Chapters 3 - 6, the waveguides in the prototype 
air core array are made of Perspex and have a square cross-section rather than a circular one. 
The function of the square air core waveguides is to prevent the generation of Cerenkov 
radiation by primary or secondary high energy electrons. 
Compared to cylindrical waveguides, square waveguides are simpler to construct in 
array form. Their use allows the array dosimeter to be manufactured as a single unit rather 
than as a series of separate dosimeter elements. Furthermore, square waveguides are able to 
be constructed in-house using Perspex, whereas the silica air core waveguides of sufficient 
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optical quality can only be obtained through an external manufacturer (Polymicro 
Technologies LLC, Illinois, US). 
Square waveguides have the additional advantage that their light attenuation coefficient 
is lower relative to circular waveguides (Naseri et al 2012). The improved light transmission 
capability will result in a higher ratio of scintillation light to residual Cerenkov light and 
therefore an improved dosimetric accuracy (described in Figure 4.21). Naseri et al showed 
that a square waveguide propagates light in a manner analogous to a kaleidoscope, with the 
horizontal and vertical surface pairs that form the square cross-section acting as mirrors. The 
lower light attenuation coefficient is achieved in the square waveguide as the optical quality 
of each of the waveguide surfaces can be carefully controlled during the construction process. 
 
Figure 8.2 SEM Images of silvered surface of (A) square and (B) circular 
waveguides. Images were obtained using a Zeiss Ultra Plus scanning electron 
microscope using a voltage of 2 kV. Images taken by Dr. Pourandohkt Naseri. 
Figure 8.2 shows scanning electron microscope (SEM) images of the inner surface of a 
square waveguide compared to that of the silica waveguide used in the single dosimeter. Both 
surfaces contain a thin layer of silver to improve the light transmission of the waveguide. In 
Figure 8.2A silver is deposited onto the surface of PMMA using vacuum sputter coating. The 
result is a surface that is much higher in optical quality than the commercial silvered silica 
surface shown in Figure 8.2B. The silver grains that are clearly visible on the surface of the 
silica waveguide have an average length of 252 ± 71 nm (Naseri et al 2012), while the grains 
on the surface of the PMMA waveguide are much smaller at 28 ± 7 nm in length. In the silica 
waveguide, light will be scattered by the larger grains. This causes the high mode light rays 
that undergo a large number of reflections to be promptly attenuated. The same high mode 
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light rays in the PMMA waveguide will continue to propagate due to the higher optical 
quality of the surface. The measured irradiance of the circular and square waveguides as a 
function of waveguide length, shown in Figure 8.3, illustrates the improved light transmission 
resulting from the improved waveguide surfaces. 
 
 
 
Figure 8.3 Normalized irradiance as a function of waveguide length for a circular 
and square air core waveguides. Waveguides are made of silica and PMMA 
respectively, both with a silver layer of approximately 0.2 µm thickness. Results 
have been normalized at a distance of 10 mm. Reproduced from Naseri et al 
(2012). 
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8.3 Materials and method 
8.3.1 Array construction 
 
Figure 8.4 A wireframe diagram of the Perspex pieces that form the linear air core 
array and surrounding Phantom. The main components of the array are the top and 
bottom plates (blue and green respectively), the fins (red) and two end-pieces 
(yellow) that contain the scintillators (orange). 
 The prototype air core array was designed as a rectangular Perspex phantom 
containing 16 detector elements in a linear configuration. The array is based on the same 
principles as a single air core dosimeter described in Section 3.2.2, but utilises a series of 
square Perspex waveguides that replace the silica tubes in transporting the scintillation light 
out of the primary beam and avoiding the production Cerenkov radiation. Figure 8.4 shows 
the Perspex components that form the linear array. The main components of the array are: the 
top and bottom plates (in blue and green respectively), 17 fins (in red) and front and back 
end-pieces (in yellow) that contain the plastic scintillators (in orange) and conventional optic 
fibres respectively. The remaining pieces (in white) are designed to fit around the waveguides 
to form a rectangular phantom. All the components shown in Figure 8.4 are machined from 
black Perspex to prevent stray light from entering the array. 
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Figure 8.5 A schematic cross-section showing the construction of an array of 
square air core waveguides. The top and bottom plates of the array (blue and 
green) contain tracks for 1 mm thick fins (in red). 
Figure 8.5 shows a cross-section of the array demonstrating how the square waveguides 
with 1 mm edge length are formed. The top and bottom plates of the array (in blue and green) 
contain 17 tracks that are 1 mm thick, 2 mm deep and 2 mm apart (centre-to-centre) along the 
entire length of the Perspex block. Each of the 17 fins (in red), which are 1 mm thick and 5 
mm in width are placed in these tracks. Once the top and bottom parts of the array are closed, 
the inner surface of the top and bottom plates and the central region of the fins form the sides 
of 16 square waveguides. In the machining of Perspex into these components, the original 
cast surfaces are used for all the inner surfaces that form the waveguides. These cast surfaces 
have the best optical quality and remain untouched during the machining process. 
The centre-to-centre distance of the waveguides is 2 mm and the edge-to-edge distance 
is 1 mm. The waveguides were made to be 180 mm in length and carry the scintillation light 
away from the primary beam and into extension fibres (15 m in length), which transport the 
total signal out of the treatment bunker to the console area. The constructed air core array 
with extension fibres, without the top plate can be seen in Figure 8.6. The light signals are 
measured by 16 channels PMT array system described in Chapter 7. 
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Figure 8.6 Photograph of the array constructed with the bottom plate, fins, one 
end-piece and extension optic fibres in place. 
 
Figure 8.7 Schematic of the air core array showing the location of the 16 
scintillator elements (orange) in the waveguides (red and green). The top half of 
the array has been removed in this figure so the square waveguides can be seen. 
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The air core array consists of 16 cylindrical scintillators that are 1 mm in diameter and 
1 mm in length (0.8 mm3 in volume). The scintillators are made from BC400 plastic 
scintillator material and are located on the end-piece that is inserted into the waveguides. The 
scintillators are accurately positioned on the end-piece into pre-drilled wells and are affixed 
using transparent optical glue. When the end-piece is inserted into the array, each scintillator 
is located at the end of the square waveguide as illustrated in Figure 8.7. Like the waveguides, 
the scintillators are spaced 2 mm centre-to-centre and 1 mm edge-to-edge and are located at a 
depth of 19.5 mm when the Perspex phantom is fully constructed. 
8.3.2 Waveguide silvering 
To increase the reflectivity of the surfaces of the waveguide and thus decrease the light 
attenuation coefficient, the four interior surfaces of each square waveguide are coated with a 
thin layer of silver (0.2 µm thick). This layer is analogous to the silver layer on the interior 
surface of the circular silica waveguides used in Chapters 3 - 6. 
The silver layer is added to the inner surfaces of the top and bottom plates and to both 
sides of the fins by means of sputter coating in a vacuum chamber. The relevant Perspex 
pieces were mounted in the vacuum chamber of an AJA ATC 1800 sputtering system (AJA 
International Inc., Maryland, US), as shown in Figure 8.8. Care was taken to keep the vacuum 
chamber and the Perspex pieces clean during the coating process to prevent contamination. 
All pieces were carefully placed at the centre of the chamber to ensure an even surface 
thickness. The vacuum chamber was pumped to a pressure of 7 × 10-7 torr and a silver target 
with 99.99% purity was then heated by a 250 W power source for approximately 5 minutes 
until the target thickness of 0.2 µm was reached. Figure 8.9 shows the resulting surface of the 
top plate of the waveguide with a magnification of 20×. 
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Figure 8.8 (A) Pieces of the air core array mounted within the AJA vacuum 
chamber, (B) the silvered top plate of the array and (C) the silvered fins of the 
array. 
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Figure 8.9 A 20× magnified view of the silvered surface of the array’s top plate. 
8.3.3 Residual Cerenkov signal subtraction 
While the square air core waveguides prevent the generation of Cerenkov radiation in 
the primary beam, scattered radiation generates a residual Cerenkov signal in the extension 
fibres as described in Chapter 4. The residual Cerenkov must be subtracted so that the 
magnitude of the scintillation signal can be obtained. For the air core array, the use of a 
Cerenkov shutter is a practical method to determine the magnitude of residual Cerenkov 
signal. The shutter is similar to the mechanical shutter described in Section 4.3, but is a 
simpler implementation, as it does not contain any electronic or mechanical components. 
The shutter is made from a thin black opaque polyester sheet and is manually inserted 
into the end-piece that connects the extension fibres to the air core array, as shown in Figure 
8.10. When inserted, the polyester sheet is located between the square waveguides and the 
extension fibres and interrupts the optical pathway by preventing all scintillation light from 
reaching the extension fibres. Two irradiations are made to measure the magnitude of the 
scintillation light. The first irradiation of the air core array is made without the polyester sheet 
(the shutter open state) measures the scintillation light and the residual Cerenkov light 
combined. A second irradiation with the polyester sheet inserted into the end-piece (the 
shutter closed state) measures only the residual Cerenkov, which is then subtracted to 
quantify the scintillation light only. 
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Figure 8.10 The Cerenkov shutter is constructed from black Perspex and attaches 
to the air core array. The shutter includes drilled holes aligned with each 
waveguide in the array where the extension fibres are inserted. When the shutter is 
closed, an opaque polyester sheet that is inserted between the air core array and the 
extension fibres to prevent light from the scintillators from reaching the extension 
fibres. 
8.3.4 Array calibration 
Each channel of the air core array will have a different light attenuation coefficient, 
resulting in a different magnitude of scintillation light measured for the same magnitude of 
dose absorbed. The factors which can affect the magnitude of the scintillation light measured 
include the optical surface quality of the scintillator, the surface quality of silver in the air 
core waveguide, the optical quality of each interface between the air core waveguide and the 
extension fibres and the sensitivity of the channel in the multianode PMT. 
Prior to dosimetric use, a calibration of the air core array is performed under a 6 MV 
X-ray beam from a Varian Novalis linear accelerator to account for the channel-to-channel 
variability of the response. Calibration is performed by placing the phantom in full scatter 
conditions with additional solid water blocks. The scintillators are then located at the 
isocentre and irradiated with a known dose in a field of 60 × 60 mm. The 16 scintillators of 
the linear array span a distance of 30 mm. As the field may not be uniform across it, the array 
is shifted and calibrated in smaller groups (3 or 4 dosimeters at a time). Using this method, a 
calibration coefficient relating PMT response to absorbed dose can be calculated for each 
channel of the array.  
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8.3.5 Irradiation conditions 
The dosimetric performance of the air core array was assessed by measuring the beam 
output factors, percentage depth dose and beam profiles of a megavoltage beam. The Varian 
Novalis linear accelerator was operated in stereotactic mode at a dose rate of 1000 MU min-1, 
where 1 MU is calibrated to deliver a dose of 1 cGy to the isocentre for a 100 mm × 100 mm 
field at a depth of 15 mm. For each field, 100 MU were delivered to the air core array and the 
PMT array system was operated with a HV bias of 780 V and an acquisition time of 95 ms. 
The measurements are integrated over the duration of the irradiation. The air core array was 
placed in a solid water and Perspex phantom to reach full scatter conditions, as shown in 
Figure 8.11 and irradiated with the scintillators either perpendicular or parallel to the beam 
central axis. 
 
Figure 8.11 The air core array setup for (A) irradiation with beam perpendicular to 
the plane of the scintillators, used for calibration, measuring beam profiles and 
beam output factors and (B) irradiation with beam parallel to the plane of the 
scintillators in order to measure the percentage depth dose. 
The beam output factors of small fields were measured with one of the two central 
channels of the air core array. The array was set up isocentrically in a solid water phantom, as 
shown in Figure 8.11A, with the scintillators located at a depth of 19.5 mm. The dose 
delivered to the scintillator was measured for stereotactic cones ranging from 7.5 mm to 30 
mm in diameter as well as square MLC fields ranging from 40 mm to 100 mm in width. For 
the small stereotactic cone fields, the treatment couch was moved in the cross-plane and in-
plane directions to find the position of maximum dose in a manner analogous to the scanning 
of a single detector in a water tank. The smallest cone size of 4 mm was not included as the 
treatment couch does not have sufficient accuracy to locate the position of maximum dose in 
a field of that size. The beam output factors were compared to those measured with a single 
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air core dosimeter and with EBT2 film using the same method described in Section 5.3.1 and 
Section 5.3.2, respectively. 
The percentage depth dose was measured by irradiating the air core array in a radiation 
field measuring 60 mm × 60 mm in size and parallel to the scintillators, as shown in Figure 
8.11B. The air core array was located so that the right edge of the array was at a distance of 
100 cm from the radiation source. In this configuration, the scintillator closest to the surface 
in the array was at a depth of 17 mm and the deepest scintillator was at a depth of 47 mm. The 
percentage depth dose was also measured at a greater depth by placing 50 mm of solid water 
in front of the air core array and moving the treatment couch so that a SSD of 98.5 cm was 
maintained. This resulted in the shallowest scintillator being at a depth of 67 mm while the 
deepest scintillator was at a depth of 97 mm. Percentage depth dose measurements were 
compared to those measured with an ionization chamber. 
 
 
Figure 8.12 Photo of the air core array irradiated in the perpendicular set-up shown 
in Figure 8.11A. 
Beam profiles were measured in the same perpendicular irradiation configuration as for 
beam output factors, shown in Figure 8.11A and Figure 8.12. The cross-plane beam profiles 
of a 5 mm and a 10 mm MLC defined square radiation field were measured. For the smallest 
fields, the array was shifted on a translation platform in three 0.25 mm steps, a commonly 
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used technique to increase the spatial resolution in the measurement of dose distributions 
(Poppe et al 2007). The beam profiles were compared to those measured using EBT2 film. 
The EBT2 film was irradiated with identical conditions at the isocentre of a solid water and 
Perspex phantom (the same configuration as the air core array), along with smaller pieces for 
film calibration. Following irradiation, the film was stored in a dark environment for 24 hours 
before being scanned on an Epson 10000X scanner (SEIKO Epson Co, Japan). The film was 
processed using RIT software (Radiological Imaging Technology Inc, Colorado, USA), 
which was used to apply the film calibration curve and measure the cross-plane profile from 
the film. 
8.4 Results and discussion 
8.4.1 Measurement uncertainty and channel uniformity 
The average reproducibility of the array’s 16 channels was 0.39% (1 standard 
deviation). However, large variations in light transmission were observed between channels, 
shown in Figure 8.13. This resulted in the measurement uncertainty ranging from 0.11%, for 
the channels with the lowest light attenuation coefficients and thus the largest scintillation 
signals, to 0.83% for the channels with the lowest scintillation signals. Variations in the 
silvering of the waveguide surfaces and the surface of the scintillator are the major causes of 
the variations in light attenuation coefficient between channels. In Figure 8.13, the maximum 
to minimum ratio of light transmission through the square air core waveguides is 2.5:1. When 
the measurement uncertainty is combined with the additional uncertainty in the array 
calibration, the average total uncertainty across all 16 channels was 0.54%. This value ranges 
from 0.27% to 0.97% depending on the light attenuation coefficient of the individual channel. 
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Figure 8.13 The variation in scintillation light generation and relative optical 
efficiency of each channel of the air core array. The intensity of scintillation light 
generated measured in the centre of a 100 × 100 mm field in the 16 channels of the 
air core array, corrected for variations in photodetector sensitivity of the PMT 
array shown in Figure 7.14. Results have been normalized to the average across all 
channels. 
8.4.2 Beam output factors 
Figure 8.14 shows the beam output factors measured with central channel of the air 
core array compared to that measured with a single air core dosimeter, EBT2 film and an 
ionization chamber. In Figure 8.14B, the air core array shows good agreement with the 
ionization chamber for medium sized fields between 50 mm and 100 mm width, with a 
maximum 0.47% deviation between the two dosimeters. This demonstrates that, as for a 
single air core dosimeter, the air core array is capable of good performance in medium sized 
fields. In Figure 8.14A, the beam output factors for small fields measured with the air core 
array agree with those measured with EBT2 film. The beam output factors also agreed within 
measurement uncertainty with the single air core dosimeter for most fields. There is however, 
a discrepancy between the output factor measured by the air core array and a single air core 
dosimeter for the 7.5 mm cone field, where there is a 1.9% difference between the two 
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dosimeters. This is larger than the measurement uncertainty of both detectors (approximately 
0.7%). One possible cause for the discrepancy between the single air core dosimeter and the 
air core array is the nature of the scattering material around each dosimeter. While the beam 
output factors for the single air core dosimeter were measured in Virtual Water phantom 
(Standard Imaging, Middleton, US), the air core array is made of Perspex, which has a higher 
density (ρPerspex = 1.18 g cm-3 and ρVirtual water = 1.03 g cm-3). The higher mass attenuation 
coefficient of Perspex results in more dose delivered to the air core array at larger field sizes, 
which would manifest as an under-response at small fields after normalization. The presence 
of adjacent hollow waveguides in the air core array also alters the scattering material 
surrounding the dosimeter compared to a single air core dosimeter, however, Monte Carlo 
simulations by Monte Carlo simulations reported by Naseri et al (2010) the dose deposited 
would not significantly altered by nearby dosimeter elements. A further possible cause for the 
discrepancy is the positional uncertainty of the array. While care was taken during the set-up 
of the array, the position of the scintillators is less accurate than the method of scanning a 
single dosimeter in a water tank to find the position of maximum dose. 
 
Figure 8.14 Beam output factors measured with a central channel of the air core 
array for (A) Brainlab stereotactic cones compared to measurements from a single 
cylindrical air core dosimeter and EBT2 film and (B) MLC-defined fields 
compared to measurements with a Semiflex ionization chamber. The error bars, 
which represent the combined measurement uncertainty of the photodetector and 
Cerenkov subtraction calculations, overlap for all fields except at the smallest cone 
field (7.5 mm), where the error bars for the air core array and the single air core 
dosimeter do not overlap. 
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8.4.3 Percentage depth dose 
Figure 8.15 shows the percentage depth dose measured with the air core array at two 
depths. At the shallow depth, the air core array agrees well with the percentage depth dose 
measured with an ionization chamber, with an average local deviation of 0.3% and a 
maximum local deviation of 0.6%. At the deeper position, the lower dose deposited to the 
scintillators at this depth results in a lower ratio of scintillation signal to residual Cerenkov 
signal and thus a higher measurement uncertainty. The variation in the optical efficiency of 
the detector elements in the array, shown in Figure 8.13, also results in some channels having 
a better measurement precision than the others. There is a potential for deviation between the 
percentage depth dose measured by the air core array in Perspex and that measured using the 
ionization chamber in water due to the difference in density of the immediate environment of 
the active volume. The measurements show that in practice, the agreement between the two 
dosimeters at this depth is good, with an average local deviation of 0.5%. The close 
agreement could be the result of the thin air channels in the array compensating for the higher 
density of Perspex relative to water. 
8.4.4 Beam profiles 
Figure 8.16 shows the cross-plane beam profiles of a 5 mm and a 10 mm MLC field 
measured with the air core array. The air core array was shifted laterally in three 0.25 mm 
steps to increase the spatial resolution of the measurement. The air core array and EBT2 film 
showed excellent agreement. For points that received more than 10% of the maximum dose, 
the average deviation between the two dosimeters was 1.50% for the 5 mm field and 1.45% 
for the 10 mm field. Table 8.2 summarises the characteristics of the dose profiles measured 
with the air core array compared to those measured with EBT2 film. Using the two 
dosimeters, measurements of the field width defined by the FWHM and the 80%-20% 
penumbral width were in close agreement, with a maximum deviation of 0.2 mm. These 
results agree with those in Tyler et al (2013), who found that the FWHM and penumbral 
width measured with a single air core dosimeter agreed with EBT2 film to within 0.3 mm for 
range of small radiation fields.  
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Figure 8.15 Percentage depth dose measured using the air core array irradiated at 
two depth ranges with the dosimeter elements aligned parallel to the beam axis. 
The error bars represent one standard deviation of measurement uncertainty for 
each channel of the array. 
Table 8.2 Beam profile characteristics for a 5 mm and 10 mm radiation field 
measured with the air core array and EBT2 film and the difference between the 
two. For each profile, the 20%, 50% and 80% points used to calculate the FWHM 
and penumbral width were found using linear interpolation. 
 5 mm MLC field 10 mm MLC field 
 EBT2 Air core 
array 
Difference EBT2 Air core 
array 
Difference 
FWHM (mm) 5.84 5.65 0.19 10.20 10.18 0.02 
Penumbral 
Width (mm) 
2.64 2.51 0.13 2.99 3.12 -0.13 
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Figure 8.16 The cross-line beam profile of a 5 mm and 10 mm MLC field 
measured with the air core array (black) and EBT2 film (red). The measurement 
uncertainty of the air core array is of the same order as the symbol size. 
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8.5 Summary 
In this Chapter, we have demonstrated the feasibility of a high resolution scintillation 
dosimeter array utilising square Perspex waveguides as an alternative to cylindrical silica 
waveguides The prototype linear air core array measured the beam output factors for fields 
larger than 10 mm and percentage depth dose with the same level of accuracy and precision 
as a single air core dosimeter. Despite the close packing of scintillators and waveguides, no 
perturbation of neighbouring detector elements was measured. Beam profiles of small fields 
measured with the linear array showed excellent agreement to those measured using film, 
with a maximum deviation of 0.2 mm. These results show the ability of a scintillation 
dosimeter array to measure the dose distribution in small fields with high spatial resolution, 
without the need for correction factors.  
8.6 References 
Aspradakis M M, Byrne J, Palmans H, Conway J, Rosser K, Warrington J and Duane S 2010 
"Small ﬁeld MV photon dosimetry", York, IPEM 
Bedford J L, Lee Y K, Wai P, South C P and Warrington A P 2009 "Evaluation of the Delta4 
phantom for IMRT and VMAT verification" Phys Med Biol 54(9): N167-76 
Childress N L, White R A, Bloch C, Salehpour M, Dong L and Rosen, II 2005 "Retrospective 
analysis of 2D patient-specific IMRT verifications" Med Phys 32(4): 838-50 
Cusumano D, Fumagalli M L, Marchetti M, Fariselli L and De Martin E 2015 "Dosimetric 
verification of stereotactic radiosurgery/stereotactic radiotherapy dose distributions 
using Gafchromic EBT3" Med Dosim 
Feygelman V, Forster K, Opp D and Nilsson G 2009 "Evaluation of a biplanar diode array 
dosimeter for quality assurance of step-and-shoot IMRT" J Appl Clin Med Phys 
10(4): 3080 
Feygelman V, Zhang G, Stevens C and Nelms B E 2011 "Evaluation of a new VMAT QA 
device, or the "X" and "O" array geometries" J Appl Clin Med Phys 12(2): 3346 
Gagnon J C, Theriault D, Guillot M, Archambault L, Beddar S, Gingras L and Beaulieu L 
2012 "Dosimetric performance and array assessment of plastic scintillation detectors 
for stereotactic radiosurgery quality assurance" Med Phys 39(1): 429-36 
Chapter 8 – Linear array dosimetry using square air core waveguides 
 
 196 
Griessbach I, Lapp M, Bohsung J, Gademann G and Harder D 2005 "Dosimetric 
characteristics of a new unshielded silicon diode and its application in clinical photon 
and electron beams" Med Phys 32(12): 3750-4 
Jursinic P A and Nelms B E 2003 "A 2-D diode array and analysis software for verification of 
intensity modulated radiation therapy delivery" Med Phys 30(5): 870-9 
Korreman S, Medin J and Kjaer-Kristoffersen F 2009 "Dosimetric verification of RapidArc 
treatment delivery" Acta Oncol 48(2): 185-91 
Letourneau D, Gulam M, Yan D, Oldham M and Wong J W 2004 "Evaluation of a 2D diode 
array for IMRT quality assurance" Radiother Oncol 70(2): 199-206 
Naseri P, McKenzie D R, Liu P, Fleming S and Suchowerska N 2012 "Light propagation in 
multimoded square hollow waveguides" Journal of Optics 14(10): 105703 
Naseri P, Suchowerska N and McKenzie D R 2010 "Scintillation dosimeter arrays using air 
core light guides: simulation and experiment" Phys Med Biol 55(12): 3401-15 
Petoukhova A L, van Egmond J, Eenink M G, Wiggenraad R G and van Santvoort J P 2011 
"The ArcCHECK diode array for dosimetric verification of HybridArc" Phys Med 
Biol 56(16): 5411-28 
Poppe B, Blechschmidt A, Djouguela A, Kollhoff R, Rubach A, Willborn K C and Harder D 
2006 "Two-dimensional ionization chamber arrays for IMRT plan verification" Med 
Phys 33(4): 1005-15 
Poppe B, Djouguela A, Blechschmidt A, Willborn K, Ruhmann A and Harder D 2007 
"Spatial resolution of 2D ionization chamber arrays for IMRT dose verification: 
single-detector size and sampling step width" Phys Med Biol 52(10): 2921-35 
Sadagopan R, Bencomo J A, Martin R L, Nilsson G, Matzen T and Balter P A 2009 
"Characterization and clinical evaluation of a novel IMRT quality assurance system" 
J Appl Clin Med Phys 10(2): 2928 
Spezi E, Angelini A L, Romani F and Ferri A 2005 "Characterization of a 2D ion chamber 
array for the verification of radiotherapy treatments" Phys Med Biol 50(14): 3361-73 
Tyler M, Liu P Z, Chan K W, Ralston A, McKenzie D R, Downes S and Suchowerska N 
2013 "Characterization of small-field stereotactic radiosurgery beams with modern 
detectors" Phys Med Biol 58(21): 7595-7608 
Chapter 8 – Linear array dosimetry using square air core waveguides 
 
 197 
Wang L L and Beddar S 2011 "Study of the response of plastic scintillation detectors in 
small-field 6 MV photon beams by Monte Carlo simulations" Med Phys 38(3): 1596-
9 
Yan G, Lu B, Kozelka J, Liu C and Li J G 2010 "Calibration of a novel four-dimensional 
diode array" Med Phys 37(1): 108-15 
 
Chapter 9 – Additive manufacturing of a scintillation dosimetry array 
 
 198 
9) 4 
CHAPTER 9 
Additive manufacturing of a 
scintillation dosimetry array 
 
In complex treatments, such as VMAT, the gantry angle, dose rate and MLC positions 
simultaneously change throughout the treatment time. The use of composite small fields, 
combined with steep dose gradients and rapid temporal variations makes the dose distribution 
of these treatments difficult to measure using a single dosimeter. (Ceberg et al 2010, Teke et 
al 2010). Scintillation dosimeter arrays, such as the prototype linear array demonstrated in 
Chapter 8, are able to measure the spatial dose distribution across small radiation fields in 
real-time. Scintillation dosimeter array elements can be closely packed and provide improved 
spatial resolution compared to currently available dosimeter arrays (Naseri et al 2010) and 
provide accurate output ratio measurements in small field conditions (Ralston et al 2012). A 
scintillation dosimeter array would also be suitable for measuring rotational treatments owing 
to the lack of angular dependence. The construction of scintillation dosimeter arrays, however, 
can be challenging due to the complex arrangement of detector elements and the waveguides 
necessary to transport their respective light signals to the photodetector. 
Additive manufacturing, also known as 3D printing, offers a unique method for 
constructing the complex phantom structure required for array dosimetry using scintillation 
dosimeters. The capabilities of additive manufacturing have increased while the cost has 
decreased rapidly to the stage where it is now an accessible technology for radiotherapy 
centres. There are many applications for additive manufacturing in radiotherapy dosimetry, 
where phantoms of precise dimensions, geometry and composition are needed. 
The aim of this chapter is to demonstrate the feasibility of using additive manufacturing 
in the construction of a prototype array dosimeter and to gain an understanding of the 
methodology, the advantages and the disadvantages of this technique. The array dosimeter is 
cylindrical in shape, with 9 scintillation dosimeters arranged in a cross. The array was 
designed to be used with rotational and treatments such as SRS and was tested by verifying 
the dose delivered using simulated patient treatments. 
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9.1 Additive manufacturing techniques 
Additive manufacturing is a process for creating 3D objects from a digital model by 
laying down successive layers of a material in a given shape. The process begins with a 3D 
model that is either drawn in computer aided design (CAD) software, obtained with a 3D 
scanner, or in medical applications, generated from magnetic resonance imaging (MRI) or CT 
information (Rengier et al 2010). The 3D model is stored in a “standard tessellation language” 
(STL) file that describes the object as a series of tessellated triangles in 3D space. The STL 
format allows the 3D model to be scaled to any size without a loss in quality. To manufacture 
the object in 3D, the software for additive manufacturing slices the model into layers that 
correspond to horizontal cross-sections. These layers are sequentially built by the printer from 
the bottom up. The software also calculates the locations of any support structures that need 
to be constructed for parts of the model that overhang at an acute angle to the manufacturing 
platform and to maintain overall structural integrity. At present, the three methods of additive 
manufacturing that are most common are fused deposition, selective laser sintering and 
stereolithography. 
9.1.1 Fused deposition 
Fused deposition modelling is the simplest and most cost-effective form of additive 
manufacturing. A 3D printer based on fused deposition modelling consists of a high precision 
nozzle and a movable platform upon which the model is constructed (Figure 9.1). A model is 
created by extruding a heated filamentary material through the nozzle to a precise location on 
the platform. The nozzle and platform moves in the x and y planes respectively until each 
layer is completed before the platform moves vertically in the z direction to begin the next 
layer. Upon extrusion, the heated material immediately fuses with nearby material, including 
the layer below, and hardens (Gibson et al 2010). The filamentary material is usually a form 
of thermoplastic such as acrylonitrile butadiene styrene (ABS) or polylactic acid (PLA), 
however other materials such as metals and composite plastics can also be used (Wu et al 
2002, Levy et al 2003). 
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Figure 9.1 (A) Photograph of the Up Plus 3D printer, with (B) a close up of the 
extrusion nozzle with black ABS plastic filament and (C) a model being 
manufactured on the movable platform. 
Printers based on fused deposition offer the cheapest hardware and material costs, 
though there are some limitations compared to other additive manufacturing techniques. The 
spatial resolution of fused deposition is not as high in other techniques, which may affect the 
manufacture of curved or small parts. The horizontal resolution is determined by the step 
precision of the nozzle and platform moving in the x-y plane, which can be as small as 0.1 
mm. However, print resolution is ultimately limited by the size of nozzle, which can be as 
large as 0.4 mm. Furthermore, the large nozzle size means that it is not possible for the nozzle 
to extrude filament to all areas of the 3D model, which can affect the reproduction of small 
objects and fine details. Although the resolution in the z plane can be as high as 0.1 mm, the 
surface finish of printed models is not of the same quality as other additive manufacturing 
techniques (Dorf and Kusiak 1994). 
The disadvantage of using fused deposition for radiotherapy applications is the density 
of the printed models. Figure 9.2 shows that the interior of a solid object printed with the UP 
Plus 3D printer (PP3DP, Beijing, China). The same object was created using the shell setting 
(a hollow model) was well as 4 density settings that result in a cross-hatch pattern. The cross-
hatch pattern is automatically implemented in the printer software to reduce the cost of the 
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model by minimising the amount of filament used. Even at the highest density setting, the 
printer is unable to manufacture completely solid models with a uniform density. Although 
the material properties of the filament material (ABS, for example) are close to water 
equivalent, models created using fused deposition are not immediately suitable for use as 
radiotherapy phantoms as they have a lower average density than water. These models must 
be filled with a liquid material that then solidifies to create an object with the desired density 
(Avelino et al 2012, Bache et al 2015). 
 
Figure 9.2 Photograph showing the 5 density settings of the UP Plus 3D printer. 
The cross-hatch pattern is automatically generated by the printer’s software. 
9.1.2 Selective laser sintering and stereolithography 
 Both selective laser sintering and stereolithography are more sophisticated and 
expensive methods of additive manufacturing that result in printed models of higher 
manufacture quality compared to fused deposition. Selective laser sintering involves the use 
of a high power laser, which fuses powdered material at precise locations in space. A wide 
range of powdered materials can be used such as polymers, metals, ceramics and glasses. 
Each layer of powder is applied to a movable platform, usually by a roller mechanism. Once 
the powder has been fused by the laser at the required locations, the platform is lowered so 
that the subsequent layer can be applied (Kruth et al 2003).  Fusing material using a laser 
allows for greater precision compared to depositing filament via a nozzle (Pham et al 1999). 
Stereolithography is similar to selective laser sintering, in that a laser is used to achieve 
high spatial resolution and precision. The process is based on a photopolymer resin that is 
cured with a UV laser (Jacobs 1995). The model is created on a platform suspended in the 
liquid resin. A UV laser traces the cross-section of the model, curing the resin at the desired 
locations as determined by the printing software. The platform then descends a distance equal 
to the desired layer thickness and the UV laser cures the next layer of the model. When all the 
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layers are complete, the model is cleaned of unexposed excess resin and then cured in a UV 
oven. 
In a radiotherapy application, the major advantage of using these processes is the 
density of the finished model. The wide range of materials that can be used, particularly with 
selective laser sintering, means the density can be carefully selected depending on 
requirements. Both processes create solid models with high uniformity of density (Gibson et 
al 2010), allowing the phantoms to be used directly without the need to be filled. Phantoms of 
almost any desired shape and density can therefore be manufactured, either to be water 
equivalent or to mimic human tissue. The disadvantage of both these techniques at present is 
the cost. While decreasingly rapidly, the cost of both the printer and the materials can be 
prohibitively high compared to the cost of fused deposition techniques. 
9.1.3 Applications of additive manufacturing in radiotherapy 
Additive manufacturing has the potential to streamline and simplify many of the labour 
intensive procedures in radiotherapy. Although not routinely used in the clinic, several 
attempts have been made to construct customized bolus and shields for kilovoltage irradiation 
and compensators for megavoltage radiation. Customized molds and shields that are currently 
made by hand from wax could be manufactured using information directly from existing CT 
scans (Meakin et al 2004, Doney et al 2013) or from optical surface scans of the patient 
(Zemnick et al 2007). Zemnick et al utilised additive manufacturing to create a customized 
facial shield to protect normal tissue during the orthovoltage irradiation of skin cancer and 
Bache et al (2005) used additive manufacturing to create a rodent-morphic molds for gel 
dosimetry. In external beam radiotherapy, additive manufacturing has also been used as a 
method to create compensator blocks for IMRT based on fluency maps generated by a 
treatment planning system (Avelino et al 2012). 
 
 
Figure 9.3 A rectal applicator for the in vivo dosimetry of urethral brachytherapy 
treatments. The applicator is manufactured using the stereolithography technique 
and holds 16 scintillation dosimeters.  
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Additive manufacturing has many applications in brachytherapy, where the process can 
be used to create applicators that are not easily constructed using conventional machinery and 
techniques (Cartwright et al 2010, Garg et al 2013, Cunha et al 2015). Figure 9.3 shows the 
rectal applicator used in Chapter 7 to measure the dose rate and accumulated dose shown in 
Figure 7.17. The helical design of the bores used to transport the optic fibre through the 
applicator would not be possible to machine using traditional manufacturing techniques. The 
applicator was instead created using the stereolithography on the Objet Polyjet 3D printer 
(Stratasys Ltd, Minnesosta, US). The high precision of stereolithography enabled the 
manufacture of the helical structure to hold the 16 optic fibres and scintillation dosimeters 
such that the active dosimeter volumes are aligned along the anterior, posterior and lateral 
aspects of the applicator.. Stereolithography also allows a wide range of materials to be used. 
The rectal applicator was printed using the Objet FullCure 720 resin, which is a bio-
compatible material and can be cold sterilized (Cartwright et al 2010), making it suitable for  
in vivo dosimetry. 
9.2 Materials and methods 
9.2.1 Manufacture of prototype cylindrical array 
The prototype cylindrical array was designed as a phantom specifically customized for 
stereotactic treatments. The array was built to provide high spatial resolution measurements 
of the dose distribution of rotational treatments. The prototype cylindrical array was 
manufactured using fused deposition in 3 parts, shown in Figure 9.4. These parts are: the 
cylindrical phantom, the array housing and the end cap. Each of the three parts of the array 
were designed in the CAD software Sketchup. The 3D model was then converted into a STL 
file and printed with the UP Plus 3D printer using a layer thickness of 0.15 mm. The 
cylindrical phantom was printed as a shell, which results in a hollow model with a wall 
thickness of 0.75 mm. 
The cylindrical phantom holds the 9 scintillation dosimeters in a cross configuration 
(Figure 9.5). The phantom was designed with a radius of 30 mm and length of 95 mm and 
contains 9 waveguide pathways. Each waveguide pathway is 60 mm in length and was 
designed to hold a silvered silica air core waveguide (1.00 mm inner diameter, 0.16 mm wall 
thickness) similar to that used in the single air core dosimeter described in Chapter 3. The 
central dosimeter is located on the axis of the cylinder at a depth of 30 mm.  
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Figure 9.4 The 3 parts of the printed dosimeter array: the cylindrical phantom, the 
array housing and the end cap, as they appear in the Sketchup software. 
 
Figure 9.5 Dimensions of the waveguide pathways (left) and the dosimeter cross 
(right) created by the UP 3D printer. The value in brackets represents the 
dimensions designed in the Sketchup software. The difference in the two sizes is 
caused by the spatial resolution limitations of the printer, however the resulting 
positions of the dosimeters within the cross are not changed. The red, blue and 
green dosimeters in the dosimeter cross represent the dosimeters shown in Figure 
9.17. 
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Figure 9.6 Photograph of the air core dosimeter used in the cylindrical array. Each 
silvered silica contains a 2 mm length scintillator in one end and a twisted pair 
optic fibre in the other, both of 1 mm diameter. The twisted pair is coupled directly 
to the air core waveguide using optical glue, rather than the connector used in 
Figure 4.14. 
The scintillators in the dosimeter cross have a centre-to-centre distance of 4.0 mm and 
an edge-to-edge distance of 3.0 mm. Each plastic scintillator made of BC400 and is 
cylindrical, 2 mm in length and 1 mm in diameter. The scintillators are placed into air core 
waveguides, 8 of which are 65 mm in length, while the central air core waveguide is longer at 
75 mm. At the distal end of the air core waveguide, a twisted pair optic fibre similar to that 
described in Chapter 4 carries the scintillation signal to the photodetector as well as 
measuring the residual Cerenkov signal. 
The array housing was designed to hold the cylindrical phantom during irradiation, as 
shown in Figure 9.9. The array housing allows the cylindrical phantom to be suspended over 
the end of the treatment couch such that the gantry is able to rotate axially and irradiate the 
phantom without perturbation from the treatment couch. The array housing contains a central 
pathway for the twisted pair optic fibres that carry the scintillation light from the air core 
waveguides and the residual Cerenkov light to the photodetector. The array housing also 
shields the optic fibres from scattered electrons, reducing the magnitude of residual Cerenkov 
radiation induced, as described in Section 4.1 and Figure 4.3. Both the array housing and the 
cylindrical phantom were designed with alignment markers, shown in Figure 9.4. These 
markers enable the cylindrical phantom to be positioned on the treatment couch in the CT 
scanner and megavoltage treatment room. The dosimeters within the phantom can then be 
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accurately positioned (for example, at the isocentre) and the axes of the dosimeter cross can 
be aligned either orthogonally or 45° to the horizontal. The third part of the dosimeter is a 
circular end cap that attaches to the cylindrical phantom. The purpose of the end cap is to 
prevent stray light from entering the phantom and waveguides. The 3D printed cylindrical 
phantom, array housing and end cap are shown in Figure 9.7. 
 
Figure 9.7 Photograph of the constructed cylindrical array (consisting of the 
cylindrical phantom, array housing and end cap) manufactured using fused 
deposition. 
9.2.2 Phantom materials 
To create phantoms of uniform density, the cylindrical phantom and the array housing 
were filled with one of two materials: dental wax or gelatin bolus. The density setting of the 
3D printer does not affect the filling of printed models as the walls of the crosshatch shown in 
Figure 9.2 are permeable to liquids. Any liquid poured into the phantom fills the model as if it 
were hollow, regardless of density fill setting. The cylindrical phantom was printed as a 
hollow model, to eliminate any possible effect of the ABS crosshatch on the phantom’s 
uniformity. The array housing was printed using the lowest density filling for greater 
structural strength.  
The models were then filled with melted dental wax (Cavex Holland BV, Haarlem, The 
Netherlands), shown in Figure 9.8A. After the wax had cooled and solidified, the phantoms 
were placed overnight in an oven at 50°C. This is below the wax melting point of 58°C, but 
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sufficiently hot to cause the wax to soften, slide down the phantom and reduce air cavities 
that form as the wax solidifies. 
The second fill material used was a gelatin bolus mixture, made by dissolving 50 g of 
gelatin in 200 mL of warm water on a hot plate. Once the gelatin had completely dissolved, 
100 mL of glycerine and 1 mL of formalin were added. The resulting mixture was poured into 
the printed cylindrical phantom (shown in Figure 9.8B) and allowed to cool. Each cylindrical 
phantom with either dental wax or gelatin bolus fill were imaged using a Toshiba Aquilion 
CT scanner (Toshiba Corporation, Tokyo, Japan) to measure the electron density and the 
uniformity of density. The CT scans were taken at 120 kV and 250 mAs in 2 mm slices, with 
all air core dosimeters inserted in the cylindrical phantom. 
 
Figure 9.8 Photograph of (A) the array housing printed with the lowest density 
cross-hatch and filled with dental wax which shields the twisted pair optic fibres, 
reducing the magnitude of residual Cerenkov light generated and (B) the 
cylindrical phantom and the half-cylinders for holding EBT2 film printed as 
hollow models and filled with gel bolus. 
9.2.3 Array calibration 
To calibrate the cylindrical array, the relative sensitivity of each twisted pair (k in 
Equation 4.7) was first calculated. To achieve the conditions to measure a “zero dose”, as is 
required in Equation 4.6, the scintillator is shielded using lead and moved out of the primary 
beam. The light signals measured by the two channels of the PMT array system therefore only 
contain residual Cerenkov light generated in the twisted optic fibres. 100 MU are delivered 
while the twisted pair is located outside of the primary beam and relative sensitivity is 
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calculated using the method described in Section 4.4.4. Once the relative sensitivity of each 
twisted pair is known, the calibration coefficient, relating light signal to dose, was calculated 
for each dosimeter. Each array element was calibrated separately in solid water before being 
inserted into the cylindrical phantom. The scintillators were placed at the isocentre of a 6 MV 
X-ray beam at a depth of 15 mm in a 100 × 100 mm field and irradiated with 100 MU in full 
scatter conditions so as to deliver 1 Gy to a point at the centre of the scintillator volume. To 
determine the magnitude of scintillation light, which equates to 1 Gy of dose absorbed by the 
scintillator, the residual Cerenkov light is subtracted. 
Both the relative sensitivity and the calibration coefficient are unique to each air core 
dosimeter, each extension fibre and each channel of the PMT array that measures the 
scintillation signal and the residual Cerenkov signal. For a set of measurement, the same 
dosimeters, extension fibres, PMT channels and HV setting combination must be used for the 
calibration to remain valid. 
9.2.4 Cylindrical array angular dependence 
To measure the angular dependence of the array, the cylindrical phantom filled with gel 
bolus was held in place in the array housing and suspended over the end of the treatment 
couch, as shown in Figure 9.9. The central dosimeter was placed at isocentre with the aid of 
the alignment markers on the surface of the phantom and the array housing. The twisted pair 
of each dosimeter was connected to extension fibres that are read with 2 channels of the PMT 
array described in Chapter 7, operated with a bias of 700 V.  
The cylindrical array was irradiated on a Varian Novalis linear accelerator in 
stereotactic mode, using a 6 MV X-ray beam operating at a dose rate of 1000 MU min-1. The 
cylindrical array was irradiated using a 40 × 40 mm field, formed by the MLCs. While the 
cylindrical phantom is symmetrical in the axial plane, the presence of the waveguides may 
affect the dose delivered to the central dosimeter at certain angles. For example, when the 
beam axis is at 45° (red dotted lines in Figure 9.10) to the axes of the dosimeter cross, the 
beam will mostly be perturbed by the gelatin bolus. However, when the beam axis is aligned 
with the axes of the dosimeter cross (blue dotted lines in Figure 9.10), the beam will be also 
be perturbed by ABS plastic, silica, silver and scintillator material. To examine the effect of 
the dosimeter array cross on the angular dependence of the cylindrical phantom, the gantry 
was rotated in 45° increments around the phantom as shown in Figure 9.10. 
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Figure 9.9 Photograph of the cylindrical phantom held in the array housing. The 
array is suspended over the end of the treatment couch to allow the gantry to rotate 
axially around phantom. 
 
Figure 9.10 A cross-section schematic diagram of the cylindrical phantom. The 
material perturbing the beam in the cylindrical phantom is made up of a 
combination of printed ABS plastic (dark grey), gelatin bolus (light grey), the 
silica and silver waveguides (green) and scintillators (orange). The red dotted lines 
represent the gantry angles at which the central beam axis passes through the 
maximum amount of gelatin bolus while the blue dotted lines represent the gantry 
angles at which the central beam axis passes through the dosimeter cross.  
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9.2.5 Verification of simulated treatments 
The cylindrical array was used to perform pre-treatment verification for two different 
patient plans. The cylindrical phantom with gelatin bolus was scanned using a Toshiba 
Auqilion CT with the dosimeter cross orientated as shown in Figure 9.12. The CT images of 
the cylindrical phantom were imported into the iPlan treatment planning system (Brainlab AG, 
Feldkirchen, Germany) and visualising wires placed on the surface of the cylindrical phantom 
during the CT scan were used to locate the centre of the phantom. The beam isocentre in iPlan 
was placed at the intersection of these wires and two arc stereotactic treatments were created.  
The first treatment is a dynamic treatment using MLCs, where the leaf positions change 
every 10°, to create a modulated beam, as shown in Figure 9.11. The second treatment uses a 
10 mm stereotactic cone to create static collimation of the beam. Both treatments were 
designed to deliver a dose of 20 Gy to the isocenter in a single arc, with the gantry beginning 
and ending at 180° (irradiating the phantom from below). The nominal dose rate of both 
treatments was 1000 MU min-1, with the speed of gantry rotation automatically altered to 
deliver the required dose. The dose distributions delivered by these treatments, as calculated 
by the iPlan treatment planning system are shown in Figure 9.12. 
During delivery of these treatments, the cylindrical array was suspended over the end 
of the treatment couch as shown in Figure 9.9, with the central dosimeter located at the 
isocentre. The gantry was rotated to its starting position at 180° and the single arc treatment 
was delivered. The light signals from the each dosimeter were simultaneously measured in 
real-time and recorded by different channels of the PMT array using a HV bias of 700 V. The 
dose at each point in the phantom was calculated by subtracting the residual Cerenkov signal 
for each dosimeter (weighted by the previously determined relative sensitivity of the twisted 
pair) and converting the resultant scintillation light signal to dose via the calibration 
coefficient for that scintillator. The dose measured by the scintillation dosimeters in the array 
were compared to the dose calculated by the treatment planning system as well as those 
measured using EBT2 film using the gamma index. The standard 3% dose difference and 3 
mm distance to agreement (DTA) criteria was used, along with tighter 1%/1 mm DTA and 
0.5%/0.5mm DTA criteria.  
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Figure 9.11 MLC leaf positions of the dynamic treatment at various gantry angles. 
 
Figure 9.12 Dose distributions for the simulated treatments with the (A) dynamic 
MLC treatment and (B) the 10 mm stereotactic cone treatment as calculated by the 
iPlan treatment planning system. 
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Figure 9.13 Schematic diagram of the half-cylinder phantoms designed to hold 
EBT2 film. The two half-cylinders combine to form a phantom with the same 
dimensions as the cylindrical phantom with scintillation dosimeters. The half-
cylinders are held in the array housing during irradiation and are aligned using the 
same markers that appear on the surface of the cylindrical phantom (Figure 9.4). 
9.2.6 Film measurements 
The dose delivered by the two treatment plans under consideration was also measured 
independently using radiochromic film. To measure the dose, a custom cylindrical phantom 
for radiochromic film was designed in Sketchup (shown in Figure 9.13). The phantom 
consists of two half-cylinders that combine to form a cylindrical phantom with the same 
dimensions as the scintillation dosimeter array. The half-cylinders were printed using 
identical settings and filled with gelatin bolus, shown in Figure 9.8B. The half-cylinder 
phantoms and EBT2 film were irradiated with the same treatment plan shown in Figure 9.11 
and Figure 9.12, but rescaled to give 4 Gy to the isocentre rather than 20 Gy to avoid 
saturating the EBT2 film. The dose rate of these new treatments remained unchanged at 1000 
MU min-1, but the speed of the gantry rotation and the corresponding leaf movements in the 
dynamic treatment were automatically scaled such that a lower total dose was delivered. 
During irradiation, the phantoms were held in the array housing with a rectangular 
piece of EBT2 radiochromic film sandwiched between the two half-cylinders, such that the 
plane of the film aligns with one of the two axes of the scintillator cross. Each simulated 
treatment was performed twice, once with plane of the film aligned with the one axis of the 
dosimeter cross and a second time with the half-cylinders rotated 90° such that plane of film 
aligns with the other axis. Following irradiation, the film was stored in a dark environment for 
24 hours before being scanned on an Epson 10000X scanner (SEIKO Epson Co, Japan). The 
film was processed using RIT software (Radiological Imaging Technology Inc, Colorado, 
USA), which was used to apply the film calibration curve and convert the film optical density 
to dose. 
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9.3 Results 
9.3.1 Accuracy of fused deposition 3D printing 
During the 3D printing process, there is the potential for the lack of preservation of the 
absolute and relative dimensions in the x plane (controlled by the horizontal motion of the 
nozzle), the y plane (controlled by horizontal motion of the platform) and the z axis 
(controlled by the vertical motion of the platform). A test model of a 30 mm cube that was 
printed on the Up Plus 3D printer had the dimensions of 31.5 × 29.6 × 31.6 mm (x, y and z 
respectively). The relative dimensions, represented by the x:y:z ratio of the printed cube was 
1.00:0.94:1.00. The differences found between the dimensions of the digital model and its 
printed representation are caused by the limits of the resolution of the movement of the 
printer’s nozzle and platforms and are within the specifications of the UP Plus printer. The 
cylindrical phantom was printed with diameters of 59.4 mm and 59.5 mm in the two axes of 
the dosimeter cross, which is 0.05 to 0.06 mm smaller than the model in Sketchup in absolute 
dimensions, but accurate in its relative proportions. 
The reproduction of small details (less than 2.5 mm in width) is limited by the size of 
the printer’s nozzle. Figure 9.5 shows differences between the width of waveguide pathways 
drawn in CAD and manufactured by the printer. The diameter of the pathways for the air core 
waveguides are printed 0.4 mm larger than the size drawn in the software and the walls of the 
pathway are 0.3 mm thicker. While the dimensions of these small details are not perfectly 
reproduced by the UP 3D printer, the location of each of the scintillators within the phantom 
and therefore the dosimetric performance of the phantom was not affected. 
9.3.2 Physical properties of the phantom 
Both dental wax and gelatin bolus have individual advantages and disadvantages when 
used as a material for filling printed models. Analysis of CT scans of the cylindrical phantom 
filled with dental wax found high uniformity in electron density throughout the phantom. The 
average electron density of a range of points was 132 Hounsfield units (HU), with a variance 
of 1.84%. A major disadvantage in using dental wax is the potential for small air cavities to 
form as the melted wax cools and solidifies. As shown in the CT image in Figure 9.14, these 
small cavities usually form around areas with complex shapes. Despite care being taken 
during the pouring of the wax and heating of the phantom in an oven to reduce the number of 
air cavities, it was found that their presence could not be entirely eliminated. The presence of 
air cavities introduces inhomogeneities and will affect the dose measured. Therefore, while 
dental wax is highly uniform, it is not suitable for printed models that are used for dosimetry 
purposes, such as the cylindrical phantom. For parts of the phantom not directly irradiated, 
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such as the array housing, dental wax is ideal as it has superior longevity compared to gelatin 
bolus. 
Gelatin bolus is more complex to manufacture, compared to dental wax. However it is 
a more suitable for phantoms that are directly used for dosimetry. A CT scan of the 
cylindrical phantom filled with gelatin bolus (Figure 9.15) showed that no air cavities were 
present. As with the dental wax phantom, the electron density of the gelatin bolus phantom 
was found to be uniform (105 HU with 2.70% variance). Furthermore, the mass density of 
gelatin bolus (ρgelatin = 1.07 g cm-3) is closer to water compared to dental wax (ρwax = 0.85 g cm-
3). The mass density is also very close to that of ABS plastic (ρABS = 1.07 g cm-3) which results 
in a phantom of uniform density. The main disadvantage of the gelatin bolus is its longevity. 
Unlike dental wax, which is long-lasting, the gelatin bolus can shrink or deteriorate when 
exposed to air for extended periods. The use of the end cap in the array reduces the exposure 
of the gelatin bolus to air, which improves the phantom's longevity. 
 
 
Figure 9.14 A single cross-section of a CT scan of a cylindrical phantom filled 
with dental wax. The presence of air cavities can be seen, particularly in the area 
surrounding the dosimeters. 
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Figure 9.15 A single cross-section of a CT scan of a cylindrical phantom filled 
with gelatin bolus. Artifacts in the scan are caused by localization wires placed on 
the side and the top of phantom during the CT scan. 
9.3.3 Cylindrical array angular dependence 
Figure 9.16 shows that the formation of dosimeters into a cross introduces a small 
angular dependence. The dose measured by the central dosimeter was, on average, 0.59% 
lower at gantry angles aligned with the axes of the dosimeter cross (red dotted lines in Figure 
9.10) compared to gantry angles at 45° to the axes (blue dotted lines in Figure 9.10). It has 
been shown by the percentage depth dose measured in Figure 8.15 and by Monte Carlo 
simulations reported in Naseri et al (2010) that the silver, silica and air in an air core 
waveguide do not significantly perturb the beam and does not affect the dose delivered to 
neighbouring dosimeters, even when closely packed in a high-resolution array. Therefore, the 
small decrease in dose observed at the gantry angles aligned with the dosimeter cross may be 
the result of the materials used within the array and their geometric configuration. At gantry 
angles aligned with the dosimeter cross (blue dotted lines in Figure 9.10), the central beam 
axis passes through significantly more ABS plastic from the 3D printer than at other beam 
angles. While the mass density of gel bolus and ABS plastic are almost identical, there is a 
slight difference in their electron density (130 HU for ABS plastic and 105 HU for gelatin 
bolus). The additional shielding provided from the ABS plastic that forms the waveguide 
pathways may be the cause of the reduced dose measured at these gantry angles. 
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Figure 9.16 Angular dependence measured with the central dosimeter of the air 
core array as it is shown in Figure 9.10. The presence of the dosimeters along the 
beam central axis at gantry angles of 45°, 135°, 225° and 315° cause a small 
reduction in the dose delivered to the central channel. 
9.3.4 Verification of simulated treatments 
Figure 9.17 shows the dose rate measured in 3 dosimeters along one of the arms of the 
dosimeter cross during the two simulated treatments. The dose rate is shown as a function of 
both irradiation time and angle as the gantry rotates around the phantom in a single arc. It can 
be seen that for both irradiations, the central dosimeter (shown in red) receives a nearly 
constant dose rate. The dose rate delivered to the outer dosimeters (shown in green and blue) 
varies as they transition from being in and out of the primary beam as the gantry proceeds 
around the phantom. The high temporal resolution of the PMT array is able to resolve 
dropped pulses by the linac during irradiation. These are the downward spikes occurring at 
approximately 99 s during the dynamic irradiation and at approximately 28 s and 112 s during 
the 10 mm cone irradiation. The dropped pulses are similar to those shown in Figure 7.18, 
which was also measured in stereotactic mode on the same Varian Novalis linear accelerator. 
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Figure 9.17 The dose rate measured by 3 dosimeters in a single arm of the 
cylindrical phantom during irradiation with a simulated treatment using (A) the 
dynamic MLC treatment and (B) the 10 mm stereotactic cone treatment. The dose 
rate is shown as a function of the time during irradiation and the position of the 
gantry (where a gantry angle of 0° represents irradiation the phantom from above). 
The position of the red, blue and green dosimeters within the phantom are shown 
in Figure 9.5. 
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Figure 9.18 and Figure 9.19 show the dose profiles measured along the two axes of the 
dosimeter cross. These profiles are compared to the dose calculated by the treatment planning 
system and profiles measured using EBT2 film. The profiles have been normalized to the 
dose measured at the isocentre. Overall, the doses measured by the air core array, the EBT2 
film and the dose calculated from the treatment planning system are in good agreement for 
both simulated treatments. For the dynamic MLC treatment (Figure 9.18), the dose measured 
by the air core array differed from the treatment planning system by an average of 1.9%. The 
average deviation from the air core array and EBT2 film was also 2.0%. For the 10 mm cone 
treatment (Figure 9.19) the dose measured by the air core array differed from the treatment 
planning system by an average of 2.5% and from the EBT2 film by an average of 3.0%. 
Deviations in dose are strongly affected by the presence of steep dose gradients, where 
a small positional uncertainty can result in a large uncertainty in dose. Steep dose gradients 
are more prevalent in the 10 mm cone treatment, which accounts for the larger differences in 
measured dose. Furthermore, the deviations in the measured profiles for the 10 mm cone 
treatment may be caused by the limits of the treatment planning system. The measured film 
profile for the larger MLC treatment shows good agreement with the treatment planning 
system, while the calculated profile of the smaller 10 mm cone treatment differs from the 
measured film profile. This indicates that the treatment planning system may be unable to 
accurately model the steep dose gradients of small field treatments. 
The gamma analysis of these profiles is shown in Table 9.1. The gamma index shows 
close agreement between the air core array and the treatment planning system and EBT2 film 
measurements. At the conventional 3%/3 mm DTA, the dose profiles measured using the 
cylindrical array had 100% pass rates for both simulated treatments. Passing rates were also 
high using the 1%/1mm DTA criteria compared to the treatment planning system, however at 
the 0.5%/0.5 mm DTA criteria, only 69% of measured points passed relative to EBT2 film. 
The overall measurement uncertainty of the dosimeters within the cylindrical array was 
found to be higher than that of a single air core dosimeter. This can be attributed to positional 
uncertainty of the scintillator within the air core waveguides, positional uncertainty of each 
air core dosimeter when it is inserted into the cylindrical phantom and a lower ratio of 
scintillation light to residual Cerenkov light. With further refinement, a similar level of 
precision can be expected in the prototype array as for a single air core dosimeter. 
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Figure 9.18 Dose profiles measured with the prototype cylindrical array for the 
dynamic MLC treatment, compared with the dose profiles calculated by the 
treatment planning system and measured using EBT2 film. Profiles have been 
normalized at the isocentre. Graph A represents dosimeters in the horizontal axis 
in Figure 9.12, while Graph B represents dosimeters in the vertical axis. 
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.  
Figure 9.19 Dose profiles measured with the prototype cylindrical array for the 10 
mm cone stereotactic treatment, compared with the dose profiles calculated by the 
treatment planning system and measured using EBT2 film. Profiles have been 
normalized at the isocentre. Graph A represents dosimeters in the horizontal axis 
in Figure 9.12, while Graph B represents dosimeters in the vertical axis. 
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Table 9.1 Gamma index of the dose profiles measured using the cylindrical array 
(shown in Figure 9.18 and Figure 9.19) compared to the dose calculated from the 
treatment planning system (TPS) and measured using EBT2 film. 
 
Dynamic MLC 10 mm cone 
Gamma Criteria TPS EBT2 film TPS EBT2 film 
3 mm/3% DTA 100% 100% 100% 100% 
1 mm/1% DTA 100% 88% 100% 75% 
0.5 mm/0.5% DTA 75% 75% 88% 63% 
9.4 Discussion 
9.4.1 Suitability of additive manufacturing for radiotherapy 
Additive manufacturing was found to be a viable method for creating customized 
radiotherapy dosimetry phantoms. Within the specifications of the UP Plus 3D printer, all 
parts of the phantom were faithfully reproduced from their digital model and functioned to 
meet the design specifications: the array housing held the cylindrical phantom over the 
treatment couch firmly during irradiation, the waveguide pathways held the air core 
waveguides in place and each detector element within the cylindrical phantom was accurately 
positioned with good stability over repeated measurements. 
Additive manufacturing has many advantages over traditional manufacturing 
techniques. The process allows multiple designs to be evaluated and enables early prototypes 
to be created and tested in a time and cost effective manner. The CAD model for the 
cylindrical phantom was able to be easily modified to meet specific measurements such as a 
phantom for radiochromic film without the need to completely recreate the model. This 
technique could be used to create multiple versions of the same phantom, each customized for 
a specific dosimeter. 
Most of the limitations of additive manufacturing described in this Chapter stemmed 
from the type of printer used. The UP Plus 3D printer was found to print models smaller than 
their absolute dimensions in the CAD software. This difference in size is generally small 
(between 0.3 and 0.5 mm) and remained constant regardless of the size of the model. Small 
details within the model were reproduced up to 0.4 mm larger than the size drawn in the CAD 
software. These discrepancies are most likely caused by the horizontal resolution of the 
nozzle’s movement and the nozzle’s physical size and limit the spatial resolution of the array. 
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The prototype cylindrical array has a centre-to-centre distance of 4.0 mm, which was the 
smallest centre-to-centre distance that can be reliably printed with the UP Plus 3D printer. 
Such limitations can be overcome with printers that utilize stereolithography or laser sintering 
techniques. These more advanced 3D printers would allow detector elements to be more 
closely packed and achieve a higher spatial resolution. The brachytherapy dosimeter array 
shown in Figure 9.3, for example, has a centre-to-centre distance of 3.0 mm.  
While fused deposition is the most accessible form of additive manufacturing, the 
density of printed models (shown in Figure 9.2) increases the time required to create 
phantoms. The use of gelatin bolus to fill models creates uniform phantoms, but these models 
need to be designed such that they can be completely filled with a liquid and carefully 
waterproofed during the filling process until the gel sets. The solid, uniform density of models 
manufactured with these stereolithography or laser sintering allows models created using 
these techniques to be used directly off the printer platform. The rectal applicator in Figure 
9.3, with an average CT number of 87 HU with a variance of 3.1%, demonstrates the ability 
of stereolithography to create a solid model without the need for to be filled. 
9.4.2 Suitability of scintillation detectors for a high resolution array 
The array measurements in this Chapter, coupled with those shown in Chapter 8, 
demonstrate the ability of scintillation detectors to be used in high spatial resolution arrays. 
The prototype linear array in Chapter 8 showed scintillators can be made small in volume to 
minimise or eliminate volume averaging effects, closely packed to achieve high spatial 
resolution and do not require small field correction factors. The cylindrical array in this 
Chapter extends these capabilities to rotational treatments and takes advantage of the angular 
independence of organic scintillators. This is an improvement to the commercially available 
dosimeter arrays listed in Table 8.1 where beam angle needs to be accounted for either 
mathematically or by rotating the array synchronously with the gantry angle, both of which 
can introduce additional uncertainties. 
Dose distributions measured with both prototype scintillation dosimeter arrays showed 
excellent agreement with those measured using EBT2 film and those calculated using the 
treatment planning systems. Despite the treatment fields considered being as small as 5 mm 
and the presence of high dose gradients, both the linear and cylindrical dosimeter arrays 
exhibited 100% pass rates when using the 3 mm/3% DTA gamma criteria that is considered a 
standard for characterising dosimeter arrays (Low and Dempsey 2003, Letourneau et al 2004). 
Using the stricter 1 mm/1% DTA, perhaps more suitable for stereotactic treatments given the 
greater need for spatial accuracy, both arrays still displayed high pass rates. 
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Both the linear array (Chapter 8) and the cylindrical array (Chapter 9) show the 
potential of scintillation dosimeters in creating a true 3D array dosimeter. The percentage 
depth dose measurements shown in Figure 8.15 demonstrate that scintillation dosimeters at 
depth in an array are not affected by the presence of shallower dosimeters. Combined with the 
angular independence demonstrated in this Chapter, an array with the ideal configuration of 
dosimeters, shown in Figure 8.1, could be constructed using scintillation dosimeters. This 
array would be able to directly measure three-dimensional dose distributions without the need 
for additional algorithms and corrections, which is not possible with diode or ionization 
chamber arrays. 
9.5 Summary 
Additive manufacturing has been demonstrated in this Chapter to be a feasible method 
for creating customized radiotherapy phantoms. The fused deposition technique used in this 
Chapter created a cylindrical phantom that was accurate in its size, dimensions and in the 
positioning of each detector element. The gelatin bolus used to fill the phantom was found to 
be uniform in density and free of air cavities. The cylindrical phantom manufactured was able 
verify the dose distribution of simulated rotational treatments without the need to apply 
corrections for field size or beam angle. 
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CONCLUSIONS 
 
To ensure that the dose prescribed by radiation oncologists is delivered accurately and 
to enable a positive patient outcome to be achieved, medical physicists require the tools to 
accurately measure dose in all therapeutic radiation fields. Plastic scintillation dosimeters 
possess unique material and dosimetric characteristics that allow them to fill several niche 
areas of dosimetry where these tools did not previously exist. In this thesis, advances have 
been made to facilitate the translation of plastic scintillation dosimeters from the laboratory 
into the clinic. Roadblocks that have impeded the real-world implementation of this 
technology have been addressed by improving reliability and ease-of-use to a level suitable 
for clinical use.  
Improvements to the techniques for the removal of unwanted Cerenkov radiation 
generated during megavoltage dosimetry have been found. An inline splitter was 
implemented to simplify the optics used in a spectral discrimination method, while a twisted 
pair of optic fibres was found to be a simple but reliable method of calculating the residual 
Cerenkov signal generated in an optic fibre. Prototype dosimetry systems with these 
refinements allowed scintillation dosimetry of megavoltage beams to be performed accurately 
and reliably. These systems were evaluated in fields that are challenging for current 
commercial dosimeters. Small radiation fields, for example, cannot be measured by diodes 
and ionization chambers without additional corrections. A single, small air core scintillation 
dosimeter was used as a reference from which correction factors for commercial dosimeters 
could be calculated or predicted. These correction factors allows all radiotherapy centres to 
input more accurate data into their treatment planning systems, thereby improving the 
accuracy of dose delivery and overall safety of patient treatments with small radiation fields. 
The implementation of scintillation dosimetry in an array is challenging due to the lack 
of a suitable light readout system and the complexity of creating a phantom with multiple 
detectors and optical pathways. A PMT array system based on a multianode PMT and 
multichannel readout was designed to measure multiple light signals simultaneously. The 
speed and sensitivity of PMTs enabled this system to measure rapid changes in dose rate. 
Three types of dosimeter arrays supported by the multianode PMT were built for discrete 
clinical applications. In brachytherapy, the dosimeter array was used to measure the dose in 
vivo at multiple points in real-time during treatment. This allowed both the quantity of dose 
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and its distribution to be monitored, which could prevent the over-dose of nearby organs at 
risk. 
For megavoltage stereotactic treatments, two prototype scintillation arrays were 
designed using air core waveguides. These arrays were constructed using innovative 
manufacturing techniques. Square air core waveguides were used to manufacture a linear 
scintillation dosimeter array as a single unit and provided improved light transmission. 
Additive manufacturing (3D printing) was used to create a cylindrical dosimeter array for arc 
treatments and this method could potentially revolutionise the way in which anatomical and 
complex dosimetry phantoms are made. We have used the prototype scintillation dosimeter 
arrays to validate complex SRS patient treatment plans quickly, without the need for 
correction factors and with better spatial resolution than is currently achievable with 
commercial dosimeter arrays.  
The prototype dosimetry systems designed, constructed and tested in this Thesis 
measured both the quantity of dose and its spatial and temporal distribution in a robust and 
reliable manner. The availability of scintillation dosimeters will improve the safety of 
contemporary radiation therapy and these prototype systems provided a platform from which 
this technology can be clinically integrated. 
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APPENDIX A 
List of abbreviations 
 
 
ABS Acrylonitrile butadiene styrene Defined on Page 199  
CCD Charge-coupled device 31 
CPE Charged particle equilibrium 92 
CT Computed tomography 1 
CAD Computer aided design 199 
dmax Depth of maximum dose 37 
DTA Distance to agreement 210 
EMCCD Electron multiplying charge-coupled device 143 
EPID Electronic portal imaging device 19 
FFF Flattening filter free 1 
FWHM Full width at half maximum 2 
HDR High dose rate 18 
HV High voltage 152 
IMRT Intensity modulated radiotherapy 1 
LET Linear energy transfer 14  
LDR Low dose rate 14  
MRI Magnetic resonance imaging 199 
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MOS Metal-oxide semiconductor 144 
MOSFET Metal-oxide semiconductor field effect transistor 12 
MU Monitor unit 37 
MC Monte Carlo 91 
MLC Multi-leaf collimator 38 
PMT Photomultiplier tube 27 
PLA Polylactic acid 199  
PMMA Poly-methyl methacrylate 17 
PVT Polyvinyl-toluene 12 
OR Relative output ratio 99 
ROI Region of interest 35 
SEM Scanning electron microscope 178 
SNR Signal to noise ratio 17 
SSD Source to surface distance 36 
SRS Stereotactic radiosurgery 2 
TMR Tissue maximum ratio 80 
TPS Treatment planning system 167 
UVLED Ultraviolet light emitting diode 156 
VMAT Volumetric modulated arc therapy 2 
WHO World Health Organization 1 
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Figure 3.10 The method used to measure the stem effect of the scintillation 
dosimeter and the air core dosimeter. The dosimeter is scanned along its 
axis across the radiation field from its position in (A) to its position in (B) 
to measure the profile of the symmetric photon field. ....................................... 40 
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Figure 3.13 The dose measured by the two dosimetry systems as a function of 
the angle φ between the fibre axis and the central axis of the 6 MV photon 
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represent combined from the measurement uncertainty of the 
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C) 4 
APPENDIX C 
Glossary 
1 Role of external beam radiotherapy 
In current radiotherapy practice, the majority of patients are treated with external beam 
radiotherapy. This has been made possible by the advances in linear accelerator (linac) design, 
medical imaging and treatment computation techniques that have occurred over the last 50 
years. Medical linacs are the most practical and versatile source of ionizing radiation for 
treatment. Linacs create their treatment beams by using microwave radio frequency fields to 
accelerate electrons through a linear waveguide. The high energy electron beam can be 
scattered with a scattering foil and used directly to treat the patient. The electron beam can 
also be directed onto a target to produce a megavoltage X-ray beam through bremsstrahlung 
interactions. In this manner, modern linacs can produce photon beams with energies ranging 
from 4 to 25 MV and dose rates ranging from 1 to 24 Gy min-1. High energy photon beams 
from the linac deposit their energy in tissue mainly through secondary electrons that are 
generated by Compton scattering and pair production interactions. At megavoltage energies, 
the maximum dose is deposited at depth, which results in significant skin and normal tissue 
sparing (Khan 2010). Since their widespread adoption, the design of linacs has evolved to 
become more accurate and versatile in their treatment delivery. Some of the most important 
advances that have been implemented include beam intensity modulation and on-board 
imaging. 
1.1 Intensity modulated radiotherapy (IMRT) 
 IMRT is a three-dimensional treatment modality that is now routinely used in 
radiotherapy clinics. IMRT combines multiple beams, each of which has been purposely 
modulated to deliver the optimal dose distribution, that is, the highest possible dose to the 
targeted tumor while avoiding nearby sensitive structures. Figure C.1 shows a typical dose 
distribution for an IMRT irradiation of the lung. The shape of each beam is calculated by 
inverse planning algorithms based X-ray computed tomography (CT) scans of the patient and 
the beams are modulated accordingly during irradiation. 
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Figure C.1 An example of the dose distribution achieved with IMRT for the 
irradiation of the lung. 
Photon beams are most commonly modulated using multi-leaf collimators (MLCs). 
MLCs consist of two opposite banks of movable leaves that shield part of the beam (Figure 
C.2). During treatment, these leaves are moved individually to a set position in order to create 
an aperture of a desired shape. Modern MLC systems have leaves as small as 5 mm in width. 
This allows for precise control of the radiation field shape and for small treatment fields (as 
small as 5 x 5 mm) to be delivered. The modulated beam can be delivered in either a dynamic 
manner or with a set number of static beams, termed ‘step and shoot’. Dynamic beam 
modulation can also be combined with a rotating beam, which can lead to faster treatment 
delivery and improved dose distributions (Wolff et al 2009). Dynamic techniques are only 
possible with modern MLC systems, fast leaf speeds and accurate leaf positioning  
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Figure C.2 The multi-leaf collimators inside the head of the linear accelerator. 
1.2 Stereotactic irradiation 
Stereotactic radiosurgery (SRS) is a treatment modality that has been in use for many 
decades, but has become more popular as modern imaging techniques have improved its 
safety and viability. SRS aims to ablate small intracranial lesions (up to 35 cm3) by delivering 
a large, highly localized dose (up to 80 Gy) in a single fraction. The treatment beams are 
collimated to a small size either by the MLCs or by stereotactic cones (Figure C.3) and 
delivered from multiple directions to reduce the dose to normal tissue surrounding the target. 
All treatment beams are delivered to precisely intersect at the target, which has been spatially 
defined within a three dimensional coordinate system. This coordinate system is 
superimposed onto the patient’s anatomy using/via a stereotactic frame (Figure C.3) that is 
rigidly attached to the patient’s body. The stereotactic frame is necessary due to the low 
margin of error in positional accuracy (to within ±1 mm) (Yeung et al 1994). Positional 
accuracy can be affected by possible motion of the target lesion between the time of treatment 
planning and the time of treatment delivery. The use of on-board imaging directly prior to 
irradiation can help negate this error. 
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Figure C.3 Photo of Brainlab stereotactic cones (left) and an immobilisation frame 
used in SRS (right). 
Stereotactic irradiations have also been used to treat small lesions in extracranial sites, 
usually in the liver, spine and lung (Taylor et al 2011), called stereotactic body radiotherapy 
(SBRT). SBRT treatments differ from SRS treatments in that a three dimensional coordinate 
system is not generally used,  and  up to 5 fractions rather than a single fraction are used to 
deliver the treatment. Although SBRT makes use of external immobilisation devices such as 
body frames and vacuum bags, lesions in the patient body are more vulnerable to motion than 
in the patient head, placing further importance on image-guided or gaited treatments (Dahele 
et al 2008). 
2 Dosimetry in radiotherapy 
 In radiotherapy, the destruction of tumor cells is related to the amount of energy 
deposited in a mass of tissue, defined as the absorbed dose in gray (1 Gy = 1 J kg-1). The 
biological effect of ionizing radiation on either tumor or healthy tissue can be predicted using 
radiobiological models as long as the delivered dose is accurately known. Dosimetry in 
radiotherapy aims to measure or predict the absorbed dose delivered to a patient during 
treatment, both in its quantity and in its spatial distribution.  
 Accurate dosimetry is crucial to delivering the prescribed dose to the target volume. It 
has been shown that a total uncertainty of 5% in dose can cause a clinically detectable 
changes in treatment outcomes (Klein et al 2009). An under dose of this magnitude may 
reduce the tumor control probability, while an over dose may damage surrounding tissue and 
organs at risk. Inherent uncertainties in treatment planning, patient setup and motion,tissue 
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inhomogeneities and linac stability are frequently unavoidable. Uncertainties in dosimetry 
must therefore be kept as low as possible to minimise the overall uncertainty. Furthermore, 
dosimetry plays an important role in ensuring that a measurement of 1 Gy is identical across 
institutions and around the world. This allows dose prescriptions to be consistent and a meta-
analysis of clinical response to irradiation to be made.. 
 In external beam radiotherapy, measurement of dose is not typically performed in 
vivo while the patient is undergoing treatment. Instead, dosimetry is performed in a phantom 
under strictly controlled geometric and environmental conditions. The measured data is fed 
back to a treatment planning system that mathematically predicts the dose a patient would 
receive at any point in space. A suitable dosimeter not only measures the quantity of dose and 
but allows this quantity to be easily and accurately translated to the dose that would be 
delivered to tissue. Each mathematical process or correction factor that is applied during this 
process is a potential source of uncertainty (van Dyk 1999). There is a range of commercially 
available dosimeter types, each designed to meet a specific purpose in radiotherapy. Each of 
these dosimeter types have their own advantages and disadvantages. One type of dosimeter 
may be excellent for one treatment modality or one set of irradiation conditions but be 
unsuitable for measurements in another. 
3 Dosimeter types 
3.1 Ionization chamber 
Ionization chambers are currently the gold standard in radiation therapy dosimetry 
(Andreo et al 2000). An ionization chamber is crucial to radiotherapy as its calibration can be 
traced to a primary or secondary standard. This allows a measurement that is made by the 
ionization chamber to be converted to a reading of dose in gray and ensures that 1 Gy 
represents the same dose across different institutions. 
 
Figure C.4 A schematic diagram of a Farmer type ionization chamber. 
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An ionization chamber consists of two electrodes with a non-conducting material 
(usually air) in between. A voltage is applied between the two electrodes that attract charges 
generated by ionizing radiation on the non-conducting material (Figure C.4). The collected 
charge, read with an electrometer, is proportional to the dose rate. Ionization chambers are 
available in a variety of configurations and volumes. The most commonly used is a Farmer 
type ionization chamber, which consists of a thin cylindrical outer electrode surrounding a 
metal inner electrode. Thimble type chambers can be as small as 2 mm in diameter for 
applications in small field dosimetry. For larger reference fields, however, thimble type 
chambers are usually between 6 to 8 mm in diameter and 20 to 25 mm in length to achieve a 
higher signal to noise ratio (SNR). 
3.2 Solid state dosimeters 
A solid state dosimeter can be made much smaller than an ionization chamber due to 
the higher density of the detector material (usually silicon) and lower energy required to 
produce an ion pair. Diode detectors, the most commonly used solid state dosimeters, are 
commercially available down to 0.7 mm in diameter. Due to their small size, these detectors 
are commonly used in situations where spatial resolution is important. Diode detectors consist 
of p-type and n-type semiconductors separated by a depletion layer called a p-n junction 
(Figure C.5). When the diode detector is irradiated with ionizing radiation, electrons and 
electron holes are generated in the depletion layer and flow between the two substrates 
generating a current (Rikner and Grusell 1987). 
 
Figure C.5 A schematic diagram of a diode detector with bias applied. Electron-
hole pairs are generated by ionizing radiation and the ampere meter measures the 
current generated. 
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Diode detectors can be used with or without a bias voltage applied across the depletion 
layer. With no bias present, the current generated is directly taken as being proportional to the 
dose deposited. When a bias is applied, the current is measured as a function of the bias 
applied and the resistance of the diode is taken as being proportional to the dose rate. As a 
result of the higher atomic number of silicon, diode detectors exhibit an over-response to low 
energy photons compared to water due to additional contributions from the photoelectric 
effect. To counteract this, diode detectors can be designed to include a shield of high density 
material (usually tungsten) around the silicon chip. The high density shield empirically 
corrects for the above effect by absorbing some of the low energy scattered photons 
(Griessbach et al 2005). 
3.3 Radiochromic film 
 Film dosimetry provides a two dimensional image of the dose distribution with high 
spatial resolution. Film dosimetry is now most commonly performed with radiochromic film, 
which does not require chemical processing to obtain the image. Radiochromic film consists 
of a radiosensitive layer sandwiched between two polyester layers. Upon exposure, the 
colourless radiosensitive layer changes to blue due to polymerisation caused by ionizing 
radiation. The optical density of the film is measured using a densitometer or a scanner in the 
600 to 650 nm wavelength range (Niroomand-Rad et al 1998). Radiochromic film is easy to 
handle as it is stable at room temperature and has low sensitivity to visible light. However, 
use of radiochromic film can still be a time consuming and labour intensive process. 
Irradiated films require 24-48 hours for the polymerisation process to stabilize before 
scanning can occur and calibration irradiations need to be performed with each measurement 
session. 
4 Dosimetric properties 
 The effectiveness of a dosimeter is based on a wide range of characteristics. There is 
no perfect dosimeter and the dosimeter that is used for a given situation should be selected 
based on its advantages and disadvantages over other dosimeter types. The following 
dosimetric properties will be used as criteria throughout the following chapters to assess the 
effectiveness of a particular detector in a particular clinical situation. 
4.1 Accuracy and precision 
Accuracy and precision are the most important properties of any dosimeter. It is not 
only important to have dosimeters that are both accurate and precise, but also to have a 
quantitative knowledge of both these properties. This allows dosimetric measurements to be 
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placed within the context of their uncertainty. The difference between the definitions of 
accuracy and precision is important when defining a dosimeter. Accuracy describes the ability 
of a dosimeter to measure and report dose correctly, while precision describes the ability of a 
dosimeter to reproduce a measurement consistently. A highly accurate, but imprecise 
dosimeter will obtain readings with a large standard deviation, but when averaged, will give 
the correct dose. A precise, but inaccurate dosimeter will obtain readings with a small 
standard deviation, but will report an incorrect dose. 
A dosimeter’s limits in accuracy and precision will determine its total measurement 
uncertainty. The total measurement uncertainty will be a combination of type A and type B 
uncertainties (Andreo et al 2000). Type A uncertainties are random statistical errors that can 
be quantified by the standard deviation of a set of measurements. Type B uncertainties, which 
only affect a dosimeter’s accuracy, are the result of experimental, instrumental or procedural 
errors. Some examples of type B uncertainties in dosimetry are manufacturing defects, set-up 
error or electrometer leakage. Type B uncertainties are typically more difficult to quantify, 
but must be estimated and combined with type A uncertainties to fully characterise a 
dosimeter’s performance. 
4.2 Water equivalence 
In radiotherapy, the magnitude of dose delivered to water is of most importance as it is 
a quantity that is practical to measure in a controlled environment and can be related to the 
dose to human tissue by a stopping power ratio. However, if a dosimeter is not made of water 
equivalent materials, the reported dose cannot be directly equated to the dose delivered to 
water. The interaction of ionising radiation with a material, and therefore the dose deposited, 
will depend on that material’s chemical makeup. In particular, the material’s atomic number 
and electron density will affect the amount of Compton scattering, photoelectric effect and 
pair production interactions that occur. The dose measured by a dosimeter will therefore 
depend on the properties of the materials used in both the sensitive volume and its 
surrounding construction. Measurements with non-water equivalent dosimeters, such as 
ionization chambers and diodes (Yin et al 2004), must be corrected by a perturbation factor in 
order to account for the different physical interactions that occur. 
4.3 Beam energy dependence 
The use of non-water equivalent materials used in dosimeter construction will result in 
a dependence on the energy of ionising radiation (Saini and Zhu 2007). Materials other than 
water will have mass energy absorption coefficients or stopping power ratios that vary 
relative to water depending on the particle energy (Khan 2010). The ratio of the dose 
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deposited to the detector and the dose deposited to water will therefore vary depending on the 
radiation quality. Dosimeters that exhibit significant energy dependence need to be calibrated 
for each energy spectrum in which it used. For example, a dosimeter’s measurement of 1 Gy 
in a 6 MV X-ray beam may not be equivalent to its measurement of 1 Gy in an 18 MV X-ray 
beam. Energy dependence correction factors can be applied in this case, but only in situations 
where the radiation quality is well known, for example on the central axis of a megavoltage 
photon beam from a linac. In other situations where the radiation quality is not accurately 
known, for example off-axis measurements, the dosimeter’s accuracy will be reduced. 
4.4 Field size and depth dependence 
Energy dependence can also affect a dosimeter’s response to changes in field size and 
depth, both of which affect the beam’s energy spectrum. In larger field sizes, more scattered 
radiation from both the collimator and the phantom reach the detector. A higher proportion of 
the dose is therefore delivered by a low energy component of the beam. At greater depths, 
more of the low energy component is attenuated before reaching the detector. A higher 
proportion of the dose is therefore delivered by a high energy component of the beam. Any 
deviation from unity in the detector to water stopping power ratio at different energies will 
result in a field size and depth dependence.  This can be potentially problematic as the 
absorbed dose in water for a given field size and at a given depth is a fundamental quantity 
that enables inverse planning calculations to be made. Any error in these measurements that is 
input into the treatment planning system would translate to an error in the dose delivered in 
all treatments.  
The response of a detector to changing field size is determined by measuring the beam 
output factors. This defined as the relative dose rate in the centre of the beam as function of 
the size of the radiation field normalized to a reference calibration field. The response of a 
detector to changing depth is determined by measuring the percentage depth dose. This is 
defined as the ratio of absorbed dose at a particular depth to the absorbed dose at the depth of 
maximum dose (dmax) on the beam central axis. 
4.5 Dose rate and depth dependence 
Modern linacs can deliver a megavoltage beam with dose rates ranging from 1 to 24 Gy  
min-1 to the isocenter. The dose rate of a linac is altered in two ways. The first method is by 
changing the pulse repetition frequency. A megavoltage beam from a linac is delivered as a 
series of short pulses (up to 5 µs in length) and the dose rate can be altered by dropping or 
adding additional pulses (Metcalfe et al 2007). At a maximum pulse repetition frequency, 
most linacs can deliver a dose rate of 600 MU min-1. To increase the dose rate beyond this, 
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modern linacs can use a smaller flattening filter or remove it entirely. While this will change 
the shape of the beam profile, it also increases the dose rate by increasing the dose per pulse. 
Many dosimeters, including ionisation chambers and solid state detectors, will exhibit a 
dose rate dependence. Depending on the type of dosimeter, the total dose rate dependence 
will be caused by a non-linear response to changes in the pulse repetition frequency, in the 
dose per pulse or a combination of the two. For example, ionization chambers need to be 
corrected for the pulse repetition frequency which affects ion recombination but not for dose 
per pulse (Di Martino et al 2005). Solid state detectors, such as diodes, are affected by both 
factors depending on the type of doping employed and the total accumulated dose of a 
particular detector (Saini et al 1996). Pulse repetition dependence can be corrected for by 
using a separate calibration factor for each dose rate delivered by a linac or by a correction 
factor. 
4.6 Angular dependence 
The construction of most dosimeters are not symmetrical in all dimensions and as a 
result, the geometry of the dosimeter relative to the radiation source will change its response. 
Farmer-type ionization chambers and most diodes are cylindrical and therefore are angle 
independent in the axial plane (as the beam is rotated around the dosimeter axis). However, in 
the azimuthal plane (as the angle between the beam axis and the dosimeter axis changes), the 
construction of the dosimeter is such that the different scattering conditions will exist for 
different beam angles. For example, the angle between the beam axis and the plane of the 
detector chip in diodes will also contribute to angular dependence, though this is negligible 
for angles less than 20° from perpendicular to the plane of the chip (Griessbach et al 2005). 
Dosimeters that exhibit angular dependence must always be used in the same 
orientation as they are calibrated. In situations where this is not possible, for example when 
used with dynamic rotational treatments, dose measurements can result in errors that are 
difficult to correct. Angular dependence can affect also a dosimeter’s performance in off-axis, 
depth, SSD and field size measurements as scattered particles will be incident on the detector 
at different angles as irradiation conditions change. 
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4.7 Temperature and pressure dependence 
Ionization chambers require correction factors based on the room temperature and 
pressure, which affects the number of ions produced per unit of dose. These corrections are 
linear and can calculated be based in the temperature and pressure at time of use and at the 
time of calibration. The correction factor is typically below 5% (Bouchard and Seuntjens 
2004). 
Solid state dosimeters such as diodes also have a temperature dependence. if a solid 
state detector is calibrated and used at room temperature, the dependence is sufficiently small 
that it can usually be ignored. However, if a detector is to be used for in vivo measurements at 
body temperature, temperature dependence must be accounted for. Temperature dependence 
in solid state detectors is also linear (Van Dam et al 1990), but unlike ionization chambers, 
temperature correction factors cannot be calculated mathematically and need to be measured 
for each individual detector. 
4.8 Measurement range and absorbed dose linearity 
All dosimeters will have a usable range in total absorbed dose. The lower limit is 
usually set by the magnitude of noise in background readings relative to its sensitivity. This 
may be, for example, electrometer fluctuations in the dark current or the uniformity of 
unirradiated film. The upper limit is usually set by upper limit is set by the saturation point of 
a detector. Within these limits, a dosimeter would ideally respond linearly to the absorbed 
dose. Dosimeters that are not linear require correction that may introduce errors in the final 
dose measurement. The most common example is in film dosimetry where a calibration curve 
is required to correct for non-linearity in the low and high dose regions. 
4.9 Spatial resolution and dosimeter size 
The dose reported by a single dosimeter is a point dose that represents the dose 
delivered to a specific volume, known as the effective point of measurement. The effective 
point of measurement must be spatially defined and precisely known. The size of the sensitive 
volume limits the spatial resolution that can be achieved with a particular dosimeter. In the 
presence of high dose gradients, the dosimeter will report the average the dose deposited over 
its entire sensitive volume. In these situations, the reported average dose will not be 
equivalent to the actual dose deposited to the effective point of measurement, thereby 
introducing a positional uncertainty or an error in the absolute dose. Beam profiles measured 
with large dosimeters will also be inaccurate as the measurements will be too low at the 
centre of the field and too high in off-axis regions. The spatial resolution of a dosimeter also 
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needs to be balanced with its precision, a smaller ion chamber will have higher spatial 
resolution, but also a lower SNR as a result of the small active volume 
4.10 Temporal resolution 
Most dosimeters report an accumulated dose that represents the dose measured over the 
entire irradiation. However for dynamic irradiations, a dosimeter with a high temporal 
resolution may be desirable to obtain dose rate information at various stages of the treatment. 
For example, a dosimeter with high temporal resolution for HDR brachytherapy would allow 
for tracking of the radiation source as it moves through the patient's body (Cartwright et al 
2010). Dosimeters that have an extremely high temporal resolution (in the order of 
microseconds) are able to differentiate individual pulses from a linac. These dosimeters are 
able to measure dose on a pulse-by-pulse basis, which could be desirable in treatments where 
the dose per pulse is very high, for example in a flattening filter free treatments. 
4.11 Radiation hardness 
Radiation damage can affect the long term stability of a dosimeter, particularly in solid 
state dosimeters. As the total absorbed dose of a particular detector accumulates over its 
lifetime, defect points form around impurities in the silicon (Moll 1999). It has been reported 
that the sensitivity of n-type silicon diodes fall at a rate of 1.5% to 2.5% per 1000 Gy of 
absorbed dose (Saini et al 1996). Diode detectors are usually used for relative measurements, 
where a fall in sensitivity in one session is not discernable over the measurement uncertainty 
(Jursinic and Nelms 2003). However, in situations where the absolute measurements are 
important, for example in-vivo dosimetry, detectors must be calibrated regularly in order to 
account for the fall in their sensitivities. Radiation damage has also been shown to affect other 
characteristics of solid state dosimeters such as increasing their temperature dependence and 
their dose per pulse dependence (Van Dam et al 1990). 
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